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1. Introduction and Scope
Metallic biomaterials (biometals) are widely used for the manufacture of medical implants, ranging
from load-bearing orthopaedic prostheses to dental and cardiovascular implants, because of their
favourable combination of properties including high strength, fracture toughness, biocompatibility, and
wear and corrosion resistance. Additionally, they can be fabricated using well-established techniques
(such as casting and forging), and recently, additive manufacturing to produce complex and customised
implants. Examples of metals and metal alloys that are used for the fabrication of implants include the
following: Ti-based alloys (e.g., Ti6Al4V and Ti6Al7Nb), Co-based alloys (e.g., CoCrMo and CoNi),
austenitic stainless steels (e.g., SS316L), Zr-Nb alloys, Ni-Ti Alloys, Mg alloys, porous tantalum foams,
and precious metals and alloys.
Owing to the significant consequences of implant material failure/degradation, in terms of both
personal and financial burden, failure analysis of biometals (in-vivo, in-vitro, and retrieval) has always
been of paramount importance in order to understand the failure mechanisms and implement suitable
solutions with the aim to improve the longevity of implants in the body. This Special Issue presents
some of the latest developments and findings in the area of biometals failure including fatigue, fracture,
corrosion, and fretting wear on a range of conventional biometals as well as porous materials and new
generation titanium alloys.
2. Contributions
The Special Issue “Failure Analysis of Biometals” comprises ten original research articles [1–10]
covering a great common range of metallic biomaterials (Ti alloys, CoCrMo alloys, Mg alloys, NiTi
alloys) and their failure mechanisms (corrosion, fatigue, fracture, and fretting wear) that commonly
occur in medical implants and surgical instruments. This collection of studies also includes two review
papers [9,10]: the corrosion behaviour of new generation low modulus titanium alloys for implant
applications, and the three-dimensional (3D) printed acetabular cups for hip replacement implants
reviewing the clinical use of 3D printing in orthopaedics.
Starting with research articles, Alqedairi et al. [1] studied the cyclic fatigue behaviour of endodontic
rotary files made of nickel titanium (NiTi) alloys. Owing to the cyclic rotation of this dental instrument
within the curved canal, fatigue fracture can occur over time. The failure can be either flexural or
torsional in its loading nature. Three different rotary instruments including ProTaper Universal (PTU),
ProTaper Gold (PTG), and ProTaper Next (PTN) were assessed in this work. Artificial canals were
machined in stainless steel blocks. Fifteen rotary instruments of each type (five types of PTU and PTG
and three types of PTN) were rotated with 300 rpm until fracture. Weibull reliability analysis and the
probabilities of survival calculated for the PTU, PTG, and PTN instruments showed the PTG series to offer
a higher reliability than the PTU and PTN series. The PTG instruments were found to have a superior
cyclic fatigue behaviour when compared with the PTU and PTN series. The higher fatigue resistance of
the PTG and PTN instruments was attributed to the thermomechanical treatment performed on the NiTi
alloy of these instruments. Fatigue is understood to be the most common failure mechanism in rotary
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instruments; therefore, international standards for testing against fatigue failure of these medical devices
should be established in order to reduce considerable differences in their behaviour.
In a two-part study conducted by Goswami and co-authors [2,3], the failure of a stainless steel
316 L proximal humerus internal locking system (PHILOS) plate and screws, which had been used
for a pantalar arthrodesis, was investigated. The research employed both experimental (SEM/EDS,
microstructural analysis using electron backscatter diffraction (EBSD), hardness tests, and fractography)
and computational (finite element modelling) approaches. The results of fractography, particularly
SEM investigations, indicated the occurrence of corrosion fatigue failure initiated by crack initiations
in the distal region of the steel plate, leading to crack propagations towards the proximal region and
a final brittle fracture. Crack initiations in the plate were reported to be the result of the inclusions
and corrosion pits. The failure of the screws was because of overloading, which occurred ahead of the
plate from the proximal end. Finite element analysis (FEA) on the implant system, implemented using
ANSYS, showed increased von Mises stresses in the cortical screws as the angle between the screws
and the plates increased. Moreover, the stress magnitudes were found to be lower (by 25.5%) in the
locking screws when compared with the cortical screws, which was understood to be because of the
fixed angles of the locking screws onto the plate (less range of motion).
Returning the focus again to nickel titanium alloys in this Special Issue, the in vitro corrosion
assessment of porous NiTi structures was studied by Ibrahim et al. [4] for bone fixation applications.
The structures were fabricated by additive manufacturing, which is expanding very rapidly nowadays.
It is, however, noted that additively manufactured NiTi structures still have some issues such as poor
surface quality and presence of impurities and defects. Employing the selective laser melting (SLM)
technique, NiTi samples in both the bulk and porous forms (porosity levels of 15–50%) were fabricated.
The electrochemical corrosion characteristics of these SLM NiTi samples were found to be similar to
those of conventionally fabricated NiTi samples. The 50% porous structures showed the highest Ni
ion release level owing to their biggest surface area exposed to the corrosive environment. The main
finding in this work was that the SLM manufacturing process employed to fabricate NiTi structures for
bone fixation applications did not cause a significant deterioration in their corrosion resistance.
In medical implants, where there is contact between the implant material and living bone,
a stable implant–bone interface is essential for clinical success of fixation by osseointegration and
bone ingrowth. A second important factor vital for achieving success is that there be a minimal
mismatch between the mechanical properties of the implanted prostheses and the host skeleton. If
there is a substantial discrepancy between the said properties, significant stress shielding can occur,
causing adverse effects on the implant and/or the host skeleton. Additive manufacturing can be wisely
employed to fabricate stiffness-modulated implants to minimise stress shielding failure, which is one
of the interesting areas of research at present. In a study by Jahadakbar et al. [5], bone fixation plates
were designed and manufactured out of NiTi alloys using additive manufacturing (SLM method),
such that the stiffness of the Nitinol plates was modulated. Five different porosity levels (17%, 20%,
24%, 27%, and 30%) as well as a bulk plate (0% porosity) were designed and analysed using finite
element modelling (Abaqus software), showing a good agreement with the experimental results of
mechanical testing. Following the model verification, Ni-rich fixation plates were manufactured,
offering a superelastic behaviour. Differential scanning calorimetry (DSC) was employed in order to
identify the transformation temperatures (TTs) from −90 to 100 ◦C in a nitrogen atmosphere. The DSC
results showed a small variation in the transformation temperature of different points in the fixation
plates owing to the various thermal histories that the complex plates experienced during the additive
manufacturing process. A post-processing heat treatment may thus be required in order to achieve
homogeneity in the as-fabricated parts.
Magnesium (Mg)-based alloys exhibit biodegradable and biocompatible characteristics, enabling
them to be used in degradable implants that can dissolve in the body after the treatment of a medical
condition. However, there are still a number of aspects that need to be further researched and addressed
(e.g., mechanical and corrosion properties and degradation behaviour). Taking into account that
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calcium (Ca) is an important element in the bone structure, Chen et al. [6] developed a magnesium-based
alloy (Mg-1Ca-0.5Zr) using casting. Zirconium (Zr) was also added to enhance the grain refinement in
the alloy. The main aim was to assess the mechanical properties and surface corrosion mechanism in
the developed alloy. A heat treatment (400 ◦C for 8 h, followed by quenching in water) was applied to
the alloy to improve its mechanical properties. In addition to tensile tests, erosion wear tests were
performed on the alloy samples with and without the heat treatment. Moreover, a potentiodynamic
polarization test was performed on these samples and a pure Mg sample. The heat treatment was found
to enhance the ductility and reduce the corrosion rate of the alloy. Moreover, it was reported that the
Mg alloy subjected to the heat treatment formed a protective calcium phosphate film when immersed
and tested in a simulated body fluid. This protective layer decreased the corrosion rate considerably.
In an investigation on retrieved total hip replacement implants, particularly the metallic taper
junction known as the head–neck junction, corrosion damage to the neck part of 137 femoral stem
implants was analysed using the Goldberg’s scoring method [7]. The studied stems were made of three
biometals including CoCrMo, stainless steel (SS), and titanium alloy. The neck surface was divided
into eight distinct zones to statistically study the distribution and severity of corrosion damage. The
distal region was found to have more corrosion damage compared with the proximal region of the
neck. The most severe corrosion also occurred in the medial distal zone. This study suggests that
retrieval studies of head–neck taper junctions should assess the corrosion damage in various zones of
metallic implants separately.
In the same area of the head–neck taper junction in hip implants, Fallahnezhad et al. [8] studied
material loss as a result of fretting wear with a focus on the role of assembly force (impaction force
applied by surgeons to assemble the junction intraoperatively). Both the head and neck components
were made out of CoCrMo alloy, with an angular mismatch of 0.01◦. Developing an adaptive finite
element model for fretting wear, four assembly forces (2, 3, 4, and 5 kN) were applied to the junction
followed by a walking gait loading (1,025,000 cycles). The results showed the direct effect of assembly
force; the higher the force, the greater the material removal owing to fretting wear. It was discussed that
a high assembly force can generally improve the stability of the junction; however, it may also enhance
the wear damage to the material. This study did not include corrosion in the simulations; thus, further
research is suggested to create novel models to capture both fretting wear and corrosion simultaneously.
In a review on the clinical use of 3D printing (additive manufacturing) in orthopaedics,
Dall’Ava et el. [9] focused on titanium acetabular cup implants used in total hip replacement, where
they compared 3D printing with conventional manufacturing. This review defined the rationale
of additively manufactured acetabular cups from both the clinical and engineering perspectives.
A number of interesting aspects associated with the topic were discussed and summarised. These
include the key manufacturing-related variables that can have an influence on the characteristics
and properties of the fabricated implants, and the limitations associated with this manufacturing
technology. Additively manufactured titanium cups have presented promising early clinical outcomes.
It is, however, important to note that more detailed studies are still needed to look at their failure and
long-term performance in the body.
Finally, this Special Issue presents a review article [10] on the corrosion behaviour of new
generation titanium alloys (β-type offering low Young’s modulus) that can be desirably used for
medical implants.
There are some existing concerns about the toxicity of the two alloying elements (aluminium and
vanadium) in the most commonly used titanium alloy in medical applications (Ti-6Al-4V). Furthermore,
the stiffness (Young’s modulus) of this alloy, which is approximately 110 GPa, is much higher than
the typical stiffness of the bone (10–30 GPa). This can result in stress shielding under the loads of
physical activities and, consequently, prosthesis loosening, bone loss, and fracture failure. To address
these issues, extensive research has been done to develop new generation β-type titanium alloys
with lower levels of stiffness. These alloys contain beta-stabilising elements, for example, Nb, Ta,
and Zr, which are also non-allergic and non-toxic. Although there has been a lot of work around the
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improvement of mechanical properties in these alloys, their corrosion behaviour still needs further
research (given that the implant working environment is corrosive). In this article, Afzali et al. [10]
reviewed and discussed a number of key factors (fabrication process, chemical composition, passive
layer, mechanical treatments, body electrolyte properties, and constituent phases) influencing the
corrosion behaviour/resistance of new generation titanium alloys. The effects of α and β phases
and their dissolution rates on the oxide layer and corrosion behaviour were also reviewed. It was
recommended that the microstructure of these new generation alloys should contain suitable amounts
of α and β phases to achieve a high corrosion resistance, as well as a stable oxide layer.
3. Conclusions
Failure Analysis of Biometals presents a collection of studies covering a wide range of failure
mechanisms in medical implant materials. The contributions reflect the profound interest in this area
aiming to address current issues in biometals, manufacturing techniques, and implant applications,
while employing various research methodologies. Challenges still remain, however, there are also
great opportunities for research to better analyse and understand failures in biometals and come up
with successful engineering solutions.
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Abstract: The cyclic fatigue resistance of ProTaper Universal (PTU), ProTaper Gold (PTG), and
ProTaper Next (PTN) nickel titanium (NiTi) rotary files was evaluated. Fifteen instruments of each
type were selected, totaling 195 files. The instruments were rotated until fracture in an artificial
canal with dimensions corresponding to the dimensions of each instrument tested: +0.1 mm in width
and 0.2 mm in depth, an angle of curvature of 45◦, a radius of curvature of 5 mm, and a center of
curvature 5 mm from the instrument tip. The fracture surfaces of three representative samples of each
subgroup were examined using scanning electron microscopy (SEM). Time to fracture was analyzed
via analysis of variance and Tukey’s tests (P < 0.05). PTG F1 and F2 had significantly higher resistance
than PTU F1 and PTN X2, and PTU F2 and PTN X3, respectively. PTN X2 showed a significantly
higher resistance than PTU F1. The PTG series demonstrated superior cyclic fatigue (CF) behavior
compared with that of the PTU and PTN series.
Keywords: cyclic; fatigue; gold; next; ProTaper; universal
1. Introduction
Due to iatrogenic procedural errors associated with the material stiffness of stainless-steel
instruments, nickel–titanium (NiTi) material was introduced in the production of endodontic files [1].
The main characteristics of NiTi rotary instruments include memory shape, superior elasticity, and
a centered canal preparation. In particular, the elastic flexibility of NiTi instruments is two to three
times higher than that of stainless-steel instruments due to their lower modulus of elasticity [2,3].
The material properties of NiTi and stainlessness rotary files are presented in Table 1 [4].
Despite the elastic flexibility of NiTi rotary systems, instrument fracture has been reported [5,6].
The failure of rotary NiTi files can be either flexural (cyclic) or torsional [7]. The majority of studies have
shown that cyclic fatigue (CF) fracture occurs when an instrument is flexed in the maximum curvature
region of the canal while rotating freely, resulting in repeated tension–compression cycles [6,8]. The
tension occurs on the part of the instrument on the outside of the curve, whereas the compression
occurs on the other part on the inside of the curve. Therefore, these repeated cycles, caused by the
rotation of the instrument within the curved canal, result in instrument fracture due to the increase in
the cyclic fatigue of the instrument over time. Torsional fatigue occurs when an instrument tip is locked
in a canal, while the body continues to rotate. Therefore, fracture of the tip becomes unpreventable
when the torque exerted by the handpiece exceeds the elastic limit of the metal [8]. However, one of
the limitations in in vitro studies of the cyclic fatigue behavior of NiTi instruments is the difficulty of
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assessing the clinical relevance of published tests results, where there are several factors, including
torsional fatigue, at play at the same time.
Table 1. Properties of NiTi and stainless steel rotary files.
Properties Ni–Ti Alloy Stainless Steel
Ultimate tensile strength ~1240 MPa ~760 MPa
Density 6.45 gm/cm3 8.03 gm/cm3
Recoverable elongation 8% 0.8%
Effective modulus ~48 GPa ~193 GPa
Coefficient of thermal expansion 6.6×10−6 – 11×10−6 ◦C−1 17.3×10−6 ◦C−1
Micro-hardness 303–362 VHN 522–542 VHN
The mechanical behavior and elastic flexibility of the NiTi alloy were improved by changing
the transformation behavior of the alloy through heat treatment [9]. The NiTi alloy contains three
microstructural phases (austenite, martensite, and R phase). Instruments in the martensite phase
can be soft, ductile, and easily deformed and can recover their shape upon heating above the
transformation temperature. Compared with conventional super-elastic NiTi, which shows a finish
temperature of 16–31 ◦C [7,9], controlled memory wire and M-wire instruments show increased
austenite transformation finish temperatures of approximately 55 and 50 ◦C, respectively [10].
Therefore, at body temperature, the conventional super-elastic NiTi file has an austenite structure,
whereas an NiTi file with thermal processing is essentially in the martensite phase [9].
ProTaper Universal (PTU) and ProTaper Gold (PTG) rotary instruments possess the same
geometries; however, PTG instruments have been metallurgically enhanced through heat-treatment
technology in an attempt to improve flexibility, resistance to CF, and durability [7,11]. ProTaper Next
(PTN) instruments are made of M-wire, which is fabricated by the thermomechanical processing of
NiTi wire blanks [5]. In addition, fracture resistance has been improved in PTN instruments due to the
unique asymmetrical rotary motion and reduced contact points between the instrument and root canal
walls [5].
In the endodontic literature, rotational bending is applied to test for CF in NiTi rotary instruments.
Several devices and methods have been used to evaluate the in vitro CF fracture resistance of NiTi
rotary endodontic instruments [8]. In addition to two important parameters used to determine the
shape of the root canal, i.e., the angle and radius of curvature [6], some studies have reported that
the results obtained might be unreliable and inconsistent if the established device parameters do not
follow each instrument’s morphologic and geometric features [8]. To overcome this problem, multiple
devices with artificial canals that have dimensions that exceed those of the tested instruments by
0.1–0.3 mm have been used [12–14].
No previous study has compared the CF resistance of all the ProTaper instruments among the
three different generations. Therefore, the aim of the present study was to assess the CF behavior of
the PTU, PTG, and PTN NiTi rotary files.
2. Materials and Methods
2.1. Preparation of Artificial Canals
The laser micromachining technique was used to machine artificial canals in stainless-steel plates
with dimensions of 100 mm × 50 mm × 10 mm. Machining was performed using the LASERTEC 40
(Deckel Maho Gildemeister, Hamburg, Germany), which consists of a Q-switched Neodynium-doped
Yttrium Aluminum Garnt (Nd: Y3Al5O12 (Nd: YAG)) laser operating at a wavelength of 1064 nm with
a maximum average power of 30 W.
The artificial canal to be machined was modeled using CATIA V5® software (Dassault Systèmes,
Version 5, Vélizy, France), and laser path programming was performed with a Standard Triangle
6
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Language file of the proprietary machine software. After the laser process parameters were established,
the laser was focused on the workpiece with the aid of a galvano scanner, and the canal was then
machined layer by layer [15].
The artificial canals were machined in stainless-steel blocks with dimensions corresponding to
the dimensions of the instrument tested: +0.1 mm in width and +0.2 mm in depth, with an angle of
curvature of 45◦, a radius of curvature of 5 mm, and a center of curvature 5 mm from the tip of the
instrument [6,8] (Figure 1).
 
Figure 1. Custom-made stainless-steel blocks with dimensions corresponding to the dimensions of
ProTaper Next (PTN) (A), ProTaper Gold (PTG), and ProTaper Universal (PTU) (B): +0.1 mm in width
and +0.2 mm in depth, with an angle of curvature of 45◦, a radius of curvature of 5 mm, and a center of
curvature 5 mm from the tip of the instrument. (C) Two-dimensional draft of artificial canal for PTU
F1 instrument.
The dimensions of the PTU and PTG instruments were recorded according to the manufacturer as
shown in Table 2. The actual dimension for the PTN from the manufacturer along with the maximum
diameters of the PTN instruments measured using Digimizer® software (MedCalc Software, version
4.5., Ostend, Belgium) are shown in Table 3.
7
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Table 2. Dimensions of PTU and PTG from the manufacturer.
Active Part Length (mm)
Diameter (mm)
S1 S2 F1 F2 F3
0 0.170 0.200 0.200 0.250 0.300
1 0.190 0.240 0.270 0.330 0.390
2 0.220 0.285 0.340 0.410 0.480
3 0.260 0.335 0.410 0.490 0.570
4 0.305 0.390 0.465 0.550 0.640
5 0.355 0.450 0.520 0.610 0.710
6 0.415 0.510 0.575 0.665 0.760
7 0.485 0.570 0.630 0.720 0.810
8 0.565 0.630 0.685 0.775 0.860
9 0.655 0.690 0.740 0.830 0.910
10 0.755 0.760 0.795 0.885 0.960
11 0.855 0.850 0.850 0.940 1.010
12 0.960 0.955 0.905 0.995 1.060
13 1.075 1.070 0.960 1.050 1.110
14 1.185 1.185 1.015 1.105 1.160
15 1.070 1.160 1.210
16 1.125 1.215 1.260
Table 3. Dimensions of the PTN from the manufacturer.
Active Part Length (mm)
Diameter (mm)
X1 X2 X3
Actual Maximum Actual Maximum Actual Maximum
16 1.16 1.26 1.2 1.3 1.2 1.34
13 0.98 1.06 1.11 1.15 1.09 1.14
9 0.7 0.76 0.84 1.06 0.89 1
6 0.49 0.534 0.63 0.7 0.71 0.78
3 0.31 0.35 0.43 0.45 0.53 0.65
1 0.21 0.23 0.31 0.34 0.38 0.52
0 0.17 0.17 0.25 0.25 0.3 0.3
2.2. Cyclic Fatigue Testing
Fifteen rotary instruments of each type (PTU S1, S2, F1, F2, and F3, PTG S1, S2, F1, F2 and F3, and
PTN X1, X2, and X3), totaling 195 instruments of 25 mm in length, were used in this study.
Stainless-steel blocks were attached to a main frame to which a mobile support for the handpiece
was connected. The dental handpiece was mounted on a mobile device that allowed for the simple
placement of each instrument inside the artificial canal as shown in Figure 2. To prevent the instruments
from slipping out and to allow for observation of the instruments, the artificial canals were covered
with glass.
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Figure 2. CF testing device illustrating positioning of dental handpiece, NiTi rotary instrument, and
stainless steel block.
A pilot study was conducted to confirm the reliability of the CF device. All of the instruments
were rotated at the speed recommended by the manufacturer (300 rpm) until fracture. The artificial
canals were lubricated with synthetic oil (3-In-One Multi-Purpose Oil, WD-40®, San Diego, CA, USA)
to reduce the friction of the tested file against the artificial canal walls. The motor and timer were then
simultaneously activated. During each test, the instrument was monitored and visualized through the
glass until fracture occurred, and the time to fracture was registered in seconds. Figure 3 shows the
rotary files before and after fracture. The fractured surface was examined using SEM (JEOL 6360LV
Scanning Electron Microscope, Tokyo, Japan) after preparation with ≥99.8% ethanol.
Figure 3. ProTaper Next X3 before (a) and after (b) fracture.
Statistical analysis of the empirical data is essential for the proper interpretation and prediction of
results. There are many statistical methods such as analysis of variance (ANOVA), regression analysis,
and correlation for analyzing data and representation of results [16]. Reports are available on the use
of statistical methods for cyclic fatigue failure analysis [17] and fatigue life prediction [18].
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In this work, one-way ANOVA and Tukey’s tests were performed to analyze and compare the
means. Statistical significance was set at P < 0.05. Weibull reliability analysis was performed and the
probability of survival was calculated for the tested instruments.
3. Results
The mean times to fracture and standard deviations for the PTU, PTG, and PTN instruments are
presented in Table 4. The CF behaviors of the PTU, PTG, and PTN series are presented in Figure 4.
Comparing the instruments with similar D5 ±0.01 mm, one-way ANOVA and Tukey’s post-hoc tests
showed that PTG F1 and F2 had significantly higher CF resistance than PTU F1 and PTN X2, and
PTU F2 and PTN X3, respectively. PTN X2 showed a significantly higher CF resistance than PTU F1.
However, there was no significant difference between PTU F2 and PTN X3 in terms of CF resistance.
Table 4. Instrument type, sample size, time to fracture (seconds; mean ± SD), and Weibull calculations.
Instrument N Mean ± SD Weibull Modulus R-Squared Predicted Time in Seconds
for 99% Survival
PTU
S1 15 166.07 ± 34.3 4.809 0.914 69
S2 15 170.40 ± 21.9 8.500 0.924 104
F1 15 101.47 ± 13.6 8.528 0.986 62
F2 15 93.20 ± 15.2 6.405 0.965 48
F3 15 87.20 ± 13.8 6.338 0.918 44
PTG
S1 15 352.5 ± 57.4 6.357 0.916 181
S2 15 294.0 ± 34.2 5.495 0.839 135
F1 15 239.40 ± 25.4 9.276 0.952 152
F2 15 198.40 ± 14.6 13.415 0.951 145
F3 15 183.40 ± 16.6 10.352 0.872 122
PTN
X1 15 334.69 ± 67.5 5.062 0.865 154
X2 15 176.93 ± 32.3 5.221 0.950 78
X3 15 133.27 ± 31.5 4.274 0.781 49
SD: standard deviation. Weibull calculations included the Weibull modulus (m), the coefficient of determination
(R-squared), and the predicted time in seconds for 99% survivability.
 
Figure 4. The mean time to fracture (s), standard deviation (SD) and D5 (mm) for PTU, PTG, and PTN.
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Probabilistic modeling of fatigue failure and reliability assessment has been done for various
engineering components such as turbine blades [19], turbine disc [20], and railway axles [21], which
are subjected to variable loading conditions. Reliability analysis is important for the establishment of
suitable safety levels for any device or system.
Weibull reliability analysis results and the probabilities of survival calculated for the PTU, PTG,
and PTN instruments are presented in Table 4. The PTG series showed higher reliability than the PTU
and PTN series. PTG S1 showed the longest resistance, with 181 s at 99% survival. Regarding the
instruments with similar diameters at 5 mm from the tip, rotation for 152 s was predicted for PTG F1 at
99% reliability compared with 78 and 62 s for PTN X2 and PTU F1, respectively. Additionally, rotation
for 145 s was predicted for PTG F2 at 99% reliability compared with 49 and 48 s for PTN X3 and PTU
F2, respectively.
Figure 5 shows the fractography analysis of the PTU S1 sample. Two distinct regions were noticed:
one with fatigue striations (Region a) and another with a dimpled surface (Region b) (Figure 5A). The
crack initiates at the edge and propagates to the fatigue striations (Figure 5B). Micro-voids produced
coalesce with each other and weakens the material (Figure 5C), after which ductile fracture occurs,
which is evident from the dimpled surface in Figure 5D, until failure. The round dimples indicate
normal rupture caused by tensile stresses.
Figure 5. SEM analysis of PTU S1 sample. (A) Overall cross-sectional view (B) Crack initiation (C)
micro-voids. (D) Dimpled structures.
4. Discussion
In this study, the tested instruments were selected because they shared the same recommended
scheme of instrumentation. Generally, compared with the PTU and PTN series, the PTG series in this
study demonstrated favorable CF behavior. However, the PTU, PTG, and PTN instruments vary in their
tapering schemes, cross sections, axes of rotations, and alterations in metallurgic processing. Therefore,
comparisons were performed among instruments of similar diameter (±0.01 mm) at the center of the
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curvature to minimize confounding factors. The PTG instruments were most resistant to CF, followed
by PTN and PTU. However, the difference between PTN X3 and PTU F2 was not significant.
The higher CF resistance of the PTG and PTN instruments can be attributed to the
thermomechanical treatment of these instruments [9]. Furthermore, instrument morphology is
considered a significant determinant of CF behavior and can explain the greater CF resistance
of the PTG instruments compared with that of the PTN instruments. Some studies have shown
that instrument design is not an important determinant of CF resistance [22,23], whereas others
have suggested that a different cross-sectional design is a main determinant of the CF resistance of
different files [10,12,14,24,25]. Cheung et al. reported that instruments with a triangular cross-section
demonstrated a higher fatigue resistance than those with a square cross section [26].
Yong et al. reported a favorable balanced relationship of flexibility, peak torque, and cyclic
fatigue resistance of NiTi rotary instruments when compared to stainless steel instruments [27].
Furthermore, the thermomechanically treated NiTi instruments demonstrated greater flexibility and
fatigue resistance than conventional SE NiTi instruments of similar diameter and geometry.
Several studies have compared the CF resistance of different NiTi rotary systems. Hieawy et al.
tested the CF resistance of PTG and PTU instruments of sizes S1 to F3 using a 3-point bending device
at a curvature of 40◦ with a 6 mm radius [7]. Their results showed that the PTG file had a significantly
higher CF resistance than did the PTU file (P < 0.001). In addition, the S1 and S2 files were more
resistant to fatigue failure than the F1 to F3 files in both the PTG and PTU systems (P < 0.001). PTG S1
showed the highest CF resistance among all files (P < 0.001), whereas PTU F3 showed the lowest CF
resistance. These findings agree with the results from the PTU and PTG series in this study.
Perez-Higueras et al. reported that PTN X2 and X3 were more resistant than were PTU F1 and F2,
respectively, when tested in stainless-steel curved canals at a curvature of 60◦ with a 3 mm radius [28].
Nguyen et al. compared the CF among PTU and PTN instruments with a curvature of 90◦ and a
5 mm radius. Their results indicated that PTU F1/F2 had a higher CF resistance than PTN X2/X3,
respectively; however, this difference was not significant [29].
Weibull analysis can predict a product’s resistance and be used to compare the reliability of
various product designs. Nguyen et al. discussed in detail the clinical relevance and the advantages
of Weibull analysis in such cases when they compared CF with PTN, PTU, and Vortex Blue rotary
instruments [29]. Weibull prediction can also provide the clinician with information about the time
required for a rotating instrument in a canal to fracture.
Topographic features of the fracture surfaces of all broken instruments were analyzed using SEM.
The findings of this study are in agreement with previous studies where the fracture surfaces of all
groups showed typical features of CF with one or more crack initiation areas, fatigue striation, and a
fast fracture zone with dimples [5,7].
The KT (Kitagawa–Takahashi) diagram represents the boundary in terms of crack size and stress
range for infinite fatigue life [30]. The present work can be extended to define the KT diagram
for fatigue life prediction based on various approaches such as the probabilistic S-N model, EIFS
(equivalent initial flaw size), and fatigue crack growth models [18,31,32]. The experimental fatigue life
data can then be plotted and compared with the KT diagram.
5. Conclusions
Compared with the PTU and PTN series, the PTG series demonstrated superior CF behavior.
The PTU series was the least resistant to CF. As fatigue resistance is one of the most common factors
attributed to instrument fracture and considering the recent advances in technology, international
standards for CF testing devices should be established to minimize the variations in reported data.
Furthermore, the experimental results and SEM analysis used in this work can be used to define the
KT diagram for fatigue life prediction.
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Abstract: The failure of a proximal humerus internal locking system (PHILOS) used in a pantalar
arthrodesis was investigated in this paper. PHILOS constructs are hybrids using locking and
non-locking screws. Both the plate and the screws used in the fusion were obtained for analysis.
However, only the plate failure analysis is reported in this paper. The implant had failed in several
pieces. Optical and scanning electron microscopic analyses were performed to characterize the failure
mode(s) and fracture surface. The chemical composition and mechanical properties of the plate were
determined and compared to controlling specifications to manufacture the devices. We found that
equivalent tensile strength exceeded at the locations of high stress, axial, and angular displacement
and matched the specification at the regions of lower stress/displacement. Such a region-wise change
in mechanical properties with in vivo utilization has not been reported in the literature. Evidence of
inclusions was qualitatively determined for the stainless steel 316L plate failing the specifications.
Pitting corrosion, scratches, discoloration and debris were present on the plate. Fracture surface
showed (1) multi-site corrosion damage within the screw holes forming a 45◦ maximum shear force
line for crack-linking, and (2) crack propagation perpendicular to the crack forming origin that may
have formed due to the presence of inclusions. Fracture features such as beach marks and striations
indicating that corrosion may have initiated the crack(s), which grew by fatigue over a period of time.
In conclusion, the most likely mechanism of failure for the device was due to corrosion fatigue and
lack of bony in-growth on the screws that may have caused loosening of the device causing deformity
and pre-mature failure.
Keywords: pantalar; arthrodesis; failure modes; fracture surface; corrosion; scratching
1. Introduction
Arthrodesis has served as a standard treatment for painful arthritis of the ankle and the subtalar
joints. The ankle joint is composed of the tibia and fibula and the subtalar joint includes the talus and
calcaneus [1]. Fusion of the ankle, subtalar, and talonavicular joints together is known as pantalar
arthrodesis and has been performed by orthopaedic surgeons since 1906 [2]. There also are non-surgical
treatment methods such as non-steroidal anti-inflammatory medications and prefabricated or custom
orthotics, but these methods are not effective in all patients.
Pantalar arthrodesis can be achieved with internal or external fixation. Internal fixation is
preferred in most cases as it has many advantages over external fixations. The incidence of
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non-unions and mal-unions are reduced with internal fixation [3]. Implants that can be used for
internal fixation are plates, screws, intramedullary nails, and wires. Locking compression plates
(LCP) are advantageous when compared to others since they provide an angular-stable interface.
LCPs are most commonly used for acute traumatic fractures, osteotomy fixation, non-union repair,
and arthrodesis [4]. In the compression plating technique with conventional screws, primary stability
is achieved by the compression between the plate and the bone. However, since there is no direct
contact between the plate and the bone, the primary stability achieved by compression may be lost due
to cyclic loading. The two major mechanisms for fixation failure in these constructs are axial tilting in
the absence of the normal support given by bone due to fracture comminution and screw loosening in
osteoporotic bone. In these cases, locking screws are preferred to conventional screw to limit these
mechanisms of failure. Because locking screws lock into the locking plate, the amount of axial tilt and
screw loosening is minimized. Proximal humerus internal locking system (PHILOS) (Figure 1) plating
used in the pantalar joint utilizes the benefit that blood supply to the bone is preserved and soft-tissue
injury minimized due to lack of compression. In addition, successful fixation result in anatomic
reduction, stable fixation, preservation of blood supply, and early mobilization [5–9] which occur with
the use of locking compression technology.
 
Figure 1. Submitted proximal humerus internal locking system (PHILOS) device for analysis;
(a) plate through the thickness shows regions of interests marked by A and B and 1–3 investigated in
this paper (b) the failed samples and (c) crack initiation and propagation of the plate.
A summary of device failures was compiled from literature [10–23] (see Appendix A). It identifies
the devices, material of construction, failure modes and other fracture features. It is noteworthy that
this may be the only case involving the failure analysis of PHILOS (Figure 1). A number of studies
involving SS316L material revealed inclusion sites as crack origins [10,15–18], corrosion, wear and
fatigue [10–13,15,16,18,19,21,23] with no visible mechanical failure yet having failed clinically [12,14].
The majority of the devices were constructed with SS 316 and 316L; however, a few devices constructed
with Ti-6Al-4V alloy [19–22] and pure titanium [23] were also found. From this summary it is prudent
to investigate the chemical composition and inclusions that form pitting and corrosion fatigue related
failures of the devices.
1.1. Case Presentation (Clinical Summary)
1.1.1. Initial Presentation
A 68-year-old female was seen in the office for a right foot deformity. She experienced changes in
ambulation over the past month with no history of trauma. Other than her progressive ankle deformity,
she was relatively healthy.
On physical exam there was a fixed, non-reducible deformity of the right ankle. Palpable posterior
tibial and dorsalis pedis pulses were present. Sensation over the dorsal and plantar foot was intact to
light touch. Initial ankle X-rays were significant for a right ankle deformity consistent with chronic
lateral subtalar dislocation with varus tibiotalar joint alignment (Appendix B, Figures A1 and A2).
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There was no evidence of bone loss or acute fracture. It was determined that the patient required
a right ankle pantalar arthrodesis.
1.1.2. Operation
A 3.5 mm LCP PHILOS (Synthes, Solothurn, Switzerland) was inverted so that the locking screws
could be inserted into both the talus and calcaneus and compression screws into the tibia. The plate
was fixed to the lateral portion of the calcaneus and tibia using four 3.5 mm cortical screws proximally
in the tibia and seven 3.5 mm locking screws distally. A 6.5 cannulated screw (Zimmer, Warsaw,
IN, USA) was placed from the tibia across the talus and into the calcaneus to provide compression
across the tibiotalar and subtalar joints. Three additional 3.5 mm screws with washers were placed
from the navicular into the talus in order to fuse the talonavicular joint.
An additional 3.5 mm screw and washer were inserted from the anterior process of the calcaneus
to the cuboid to achieve fusion at this joint. The patient was to remain non-weight bearing on her
surgical extremity for three months.
1.1.3. Post-Operative Follow-Up
Clinically, in the first year of follow up appointments, the patient was doing very well.
Weight bearing as tolerated began after three months. She returned to the surgeon’s office once
yearly for follow up. During every follow up, new imaging (by X-ray) of the ankle was obtained.
Imaging over this time showed that her ankle did not fuse and formed a non-union. Her hardware
failed as seen with radiographic evidence of breakage. The hardware breakage progressed from
a single screw to involving multiple screws and the plate over the post-operative course. At six years
post-operative she complained of a new onset pain in her operative ankle. With the new onset
symptoms and evidence of failed fusion and hardware failure, a removal of hardware and revision
ankle fusion was planned.
1.1.4. Post-Operative Imaging
X-rays from the 18-month post-op visit showed evidence of breakage of a distal 3.5 mm
talonavicular screw (Figure A2). The fracture line was located in the thread near the screw head.
At two years post-op, the screw breakage was more displaced and there was an additional fracture in
the most proximal 3.5 mm cortical screw in the tibia (Figure A3). The fracture line of this screw was
again in the thread near the screw head. At three years post-op, a new fracture of the most proximal
3.5 mm locking screw in the talus was present (Figure A4). There was also evidence of a newly forming
valgus deformity. At five years post-op, an additional 3.5 mm cortical screw in the tibia, a second
3.5 mm talonavicular screw, the 6.5 mm cannulated screw, and the 3.5 mm LCP plate all exhibited
fracture on imaging (Figure A5). At six years post-op, an additional 3.5 mm cortical screw in the tibia
broke and the fractured plate became more widely displaced (Figure A6). The valgus deformity seen
earlier had now progressed to nearly 30 degrees.
2. Materials and Methods
The PHILOS plate was made of Stainless Steel 316L, originally manufactured by Synthes,
now Depuy Synthes Joint Reconstruction (Warsaw, IN, USA). The plate is anatomically shaped to the
complex contours of the proximal humerus. The construct contains both locking and combination
of locking and compression holes using different types of screws [24,25]. There are 10 locking holes
in the distal end of the PHILOS permitting multiple points of fixation for support. The PHILOS has
5 combination holes, one elongated hole to aid in-plate positioning with a 3.5 mm locking screws hole
in the threaded portion in the proximal shaft. There are also 3.5 and 4.0 mm cortical screw holes and
4.0 mm cancellous bone screws in the compression portion. All 18 pieces of the implant submitted for
investigation are shown in Figure 1. Among the submitted pieces, only 4 screws were intact. The LCP,
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which was fractured into three pieces, was measured to be 114 mm in length and had a thickness
of 3.5 mm.
In order to assess the mechanical and manufacturing integrity of the failed device, we preformed
Rockwell hardness B-scale test and X-ray energy dispersive spectroscopy (EDS) using a Quanta
600 scanning electron microscope (SEM, Thermo Fisher Scientific, Hillsboro, OR, USA) with a 15 kV
voltage and a spot size of 5. We compared the results from our testing to ASTM (American Society
for Testing and Materials) standards reported for stainless steel 316L [26]. The Rockwell hardness test
was performed in three different locations of the fractured plate with each test location increasing in
distance away from the fracture surface. The EDS was performed using a 10 mm square detector and
genesis software package. EDS was performed on both the fracture plate. EDS samples were taken
both at the plate surface and plate interior to ensure homogeneity throughout both pieces.
One of the plate fragments was cleaned in ethanol followed by water sonication for 10 min to
study the fracture surface. Fractography was performed using the SEM with a voltage of 15 kV and
a spot size of 3. Electron backscatter diffraction (EBSD) was performed on an FEIXL-30 using an EDAX
EBSD detector to determine the grain size and orientation.
3. Results and Discussion
3.1. Chemical Composition Characterization
The results of the X-ray EDS for the fracture plate is shown in Table 1 and compared with reported
ASTM standard for SS 316L stainless steel (F138-03). An additional requirement set forth by the ASTM
standard is shown in Equation (1), which yielded 24.77 for the plate [26]. One factor to keep in mind
when comparing EDS results to the ASTM standard is that EDS is known to be a semi-quantitative
technique. In addition, adventitious carbon may have accumulated on the surface preventing C
from being quantified. There is also an overlap between the X-ray peaks of Mo and S, precluding
deconvolution of their concentrations. The EDS system used in this case was not sensitive enough
to detect the trace amounts of P, S, and N expected according to the standard. The EDS spectrum is
shown in Figure 2.
% Cr + 3.3 × %Mo ≥ 26.0 (1)
Table 1. X-Ray energy dispersive spectroscopy (EDS) measured composition for plate (wt %).
Composition ASTM Standard (Max) Plate (Average) Tolerance Limits
C 0.03 - 0.005
Mn 2.0 1.81 0.04
Si 0.75 0.59 0.05
P 0.025 - 0.005
S 0.01 - 0.005
Cr 17–19 17.61 0.05
Mo 2.25–3.0 2.17 0.15
Ni 13–15 13.84 0.2
N 0.10 - 0.01
Fe Balance 63.99 -
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Figure 2. Energy dispersive X-ray analysis shows qualitatively the peaks of different element weight
percent present in the PHILOS plate.
The plate conformed to ASTM standards according to the tolerated ranges of element composition
but failed equation 1 in this instance shown in Table 1. However, in another instance, the results of the
composition analysis gave a result of 28.7 for Equation (1), thus passing the requirements.
3.2. Microstructural Characterization
EBSD and backscatter imaging methods were used to characterize the structure of the material.
The microstructure is shown in Figure 3. The range in the average grain size of the plate was four to
six micrometers shown in Figure 4.
 
Figure 3. Microstructure of PHILOS plate at 1000×.
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Figure 4. Electron backscatter diffraction (EBSD) grain map of the PHILOS plate.
An attempt was made to identify and characterize the inclusions. Two regions of interest
identified in Figure 1 as area 2 and 3, were investigated for inclusions and presented in Figure 5a,b.
The composition of one inclusion was mapped in Figure 6 using EDS. The maps in Figure 6 show that
inclusions are likely Mo rich (though this could be S), these inclusions may be fine, localized chi and
sigma intermetallic phases which may have started the crack. There is a need to characterize inclusions
in surgical grade SS 316L as a dedicated basic research focus since this paper deals with failure analysis
and the importance that the inclusions have on failure initiation.
Figure 5. Backscattered electron images of likely inclusions (a) SEM EBSD image of area 2
(b) Topographical SEM image of area 3.
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Figure 6. Characterization of inclusions using EDS. (a) The inclusions, (b) Gray scale of inclusions.
Overlapping spectra of S and Mo visible in (c) Sulfur and/or (d) Nickel, (e) Molybdenum in the
microstructure of the PHILOS plate. While the rest (f) Chromium, (g) Silicon, (h) Iron and (i) Manganese
are not visible.
3.3. Material Property Analysis
The results of the Rockwell hardness B-scale test on the fractured plate are shown in Table 2.
The ASTM standard upper limit for SS 316L is 95 HRB, and a 95% confidence interval was calculated
for each trial. The hardness was then converted to Vickers hardness and tensile strength, and a 95%
confidence interval was also calculated and used to compare against the ASTM standard for SS316L [26].
Hardness of the plate varied across the plate. It is evident that as the fatigue related deformation
accrued, the material hardened across or near the fracture plane. It is likely that the material
may have been supplied at higher strength conditions via cold working and may also have had
reduced elongation.
Table 2. Rockwell hardness B-scale test, Vickers hardness, and tensile strength results.
The Test Average ASTM Standard Proximal Middle Distal
Rockwell hardness
Average 95 101.8 107.7 107.8
95% confidence interval - 101.1–102.5 106.1–109.3 106.6–109.5
Vickers hardness
Average 213 266.5 330 334.5
95% confidence interval - 260–273 310–350 316–353
Tensile strength (psi)
Average (MPa) 868 848 1057 1057
95% confidence interval - 837–859 1004–1110 1004–1110
3.4. Optical Microscopic Analysis
Visual observation indicated a large number of scratches on the surface of the plate. Two broken
screw heads (with StarDrive recess) remained in the plate, while one partially intact locking screw
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was not removed from the distal end. Figure 1 shows that the crack initiated from under one of the
locking screw holes near the middle of the plate. This fracture initiation has progressed in two different
directions, one diagonally 45◦ in the directions of maximum shear and one perpendicularly (Figure 1),
which caused the plate to fail into three pieces. The observed features are summarized in Table 3.
Since the plate and screw construct was removed after it had failed, we do not know whether the
material dissolution or contact between two mating surfaces during removal removed the pitting and
or other localized damage sites prior to crack formation.
Table 3. Various damage features on different parts of implant.
Location Damage Feature(s)
Distal area (Figure 1B) Scratches and pits
Close to fracture plane (Figure 1A) Scratches, pits, corrosion, cracking
Area (A), (Figure 1) Debris, discoloration
3.5. Fractography
The markings shown in Figure 7a are changes in surface elevation eluding to pitting in area of
interest 3. Figure 5 shows EBSD image and distribution of different phases present in the material that
may be described as non-metallic/inclusions. Non-metallic inclusions are known to be areas of stress
concentration and increase the likelihood of pitting corrosion and secondary crack initiation. Sudhakar
et al. and Kanchanomi et al. found that non-metallic inclusions initiated the eventual failure of devices
in their studies [13,18]. This evidence of pitting and foreign body inclusions, seen in Figures 5 and 6,
respectively, supports secondary crack initiation due to corrosion-fatigue at these sites. Figure 8a–c
show fatigue striations in the areas of interest 1, 2, and 3, respectively. Striations are evident within all
three images. Figure 8a also shows some evidence of cleavage and facets. The striation spacing in each
image was measured and displayed in Table 4. The arrows indicate the direction of crack propagation
based on increase in striation spacing.
 
Figure 7. Light microscopy images showing (a) scratches and uniform pitting, and (b) debris
and discoloration.
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(c) 
Figure 8. SEM images of (a) area 1, (b) area 2, and (c) area 3 showing striations perpendicular
to crack propagation. The yellow boxes show striations and blue arrows denote the direction of
crack propagation.
Table 4. Striation spacing range.
Reference Image Striation Spacing (μm)
Figure 8c (area 3) 0.44–0.99
Figure 8b (area 2) 0.80–1.42
Figure 8a (area 1) 1.91–4.95
From these methods it is quite clear that striation spacing increased as the crack advanced through
the three regions, 3 to 1, respectively. The origin for crack appears to be from area 3 (distal end of
plate, latterly); however, as it advanced, the linking occurred through the screw holes in a 45◦ angle
which may have coincided with dorsiflexion angle or slight movement by gait. Upon failure, the plate
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was not able to load bear along this angle, the load transferred perpendicularly causing cracking and
linking through the screw holes in that direction as well.
The SEM imaging performed on the failed implant provides a strong argument for initial
corrosion-fatigue fracture followed by brittle fracture for the mechanism of failure. Table A1 shows that
Thapa et al., Karmacharya et al., Majid et al. and Azevedo et al. identified corrosion as an important
factor in the failure of devices [11–13,19]. Fatigue fracture has been conservatively estimated to
account for 50% of all brittle fractures in manufactured products, making fatigue fracture the most
prevalent initiator of brittle fracture [27]. Striations due to secondary crack propagation were evident at
multiple locations on the locking compression plate (Figure 8a–c). Thapa et al. came to the conclusion
that a 10 hole locking compression plate led to failure after 2035 cycles with a striation spacing of
0.3–1.72 μm [14]. Goswami et al. showed striation spacing within a range of 10–15 μm for the fracture
of an IM nail that led to an estimate of less than 100 cycles before fracture [22]. Based on the findings
of previous research, it may be estimated that the plate may have accumulated a quarter of a million
cycles by a stable crack propagation mechanism; however, as it jumped through the screw hole(s),
the striation spacing increased. At location 1, the striation spacing was wide enough that failure may
have occurred in the tertiary phase of crack propagation. However, the kinetics of how an inclusion
transitioned to pitting and pit to crack is not known. These findings support evidence of secondary
crack initiation, within the areas of non-metallic inclusions, as shown in Figure 9. The fatigue failure
mechanism for SS 316L was in terms of excessive twinning as shown in Figure 10. However, twinning
may also be a standard microstructure of SS316L and the available samples were made from the failed
device; we cannot conclude whether or not the twinning were original microstructure or as a result of
in vivo use.
Figure 9. SEM image taken at area of interest 1. This image contains examples of quasi-cleavages
and facets.
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Figure 10. Inverse pole figure showing crystallographic characterization of the plate microstructure
showing twinning that may have occurred due to in vivo use by fatigue or a material feature.
The quasi-cleavage and facets seen in Figure 9 are highly characteristic of brittle fracture—an end
consequence of corrosion-fatigue crack propagation. Imaging of the distal end of the failed piece on
the optical microscope (Figure 7b) showed evidence of progressive fatigue fracture that eventually
led to brittle fracture, depicted by the abrupt change in surface pattern. It is this brittle fracture that
ultimately led to the failure of the PHILOS.
Azevedo et al. investigated multiple devices (femoral compression plate, femoral nail plate,
and oral maxillo-facial plate) and discussed the importance of material conforming to ISO (International
Organization for Standardization) and/or ASTM standards for these devices. Most devices
investigated [19] failed by a corrosion-assisted fracture that can be traced back to improper chemical
composition. Other devices investigated revealed fabrication or assembly defects that contributed to
their premature failure [23]. Sivakumar et al. and Marcomini et al also showed that lack of chemical
conformity in the alloy had led to the implant failure [19,20]. The results from the chemical and
mechanical property analysis show a potential lack of conformity to ASTM standard. However, it is also
possible that the material procurement protocols may have followed other specifications as the device
was then marketed by Synthes (Solothurn, Switzerland). The microstructure of the SS316L, Figure 4,
shows, given the orientation of various grains via colors in the Figure, that the grains are randomly
distributed indicating a weak texture. The pitting resistance of the material has not been investigated;
however, is triggered by the presence of MnS inclusions, not documented for this material.
4. Conclusions
Images taken at six weeks post-op showed no evidence of device failure. The implant failed
mechanically as well as clinically. Failure in the device construct caused lack of union. The first
follow-up X-ray images showing evidence of device failure via screw fracture were taken at 18 months
post-op. The average time for tibiotalocalcaneal arthrodesis fusion is about 19 weeks. Since imaging
evidence supports device failure initiating between six weeks and 18 months, it cannot be said
with certainty that the device maintained its integrity for the amount of time necessary for fusion.
The revision surgery implemented a pediatric distal femoral osteotomy plate. There is no follow-up
data on the revision. The following are a few reasons that may be considered for the overall failure of
the PHILOS plate:
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i As we know that the plate was designed for the proximal humerus, it did not match all the
requirements of pantalar arthrodesis. A slight mismatch would give rise to forces sufficient to
cause overloading failure.
ii The curvature in the plate is one of the important factors to be considered, due to which unequal
load distribution could have taken place.
iii Improper reduction may be due to the device. This improper reduction may have generated
excessive loading on the LCP leading to a premature mechanical failure.
iv The qualitative data of composition, non-metallic inclusions, hardness, and tensile strength of
the plate show that the material conformity per ASTM standard may be an additional issue
controlling the integrity of the device.
v SEM imaging supports a mechanism of corrosion-fatigue fracture from crack initiation sites
in the distal areas of the plate due to the presence of inclusion bodies and pits. These crack
initiation sites can then lead to crack propagation towards the proximal area (shown by the
striations) and ultimately brittle fracture (supported by the cleavage sites and facets).
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Appendix A
Table A1. Summary of orthopaedic device failure modes.










- Striation spacing: 1 μm at the middle of
the fracture
- Thickness of LCP: 5 mm
- Estimated no. cycles from crack initiation
to bottom: 5000 cycles
- Estimated number of cycles for complete
fracture: 42,000 (8 days of walking)
- Sub-surface inclusion found at initiation of
crack site
Thapa et al. [11] 10 hole, Locking
compression plate Stainless steel
Corrosion-fatigue
- Striation spacing: at crack initiation—0.3
μm, at fracture surface—1.72 μm (crack
length—1 mm).
- Estimated no. of cycles after crack
initiation: 2035 cycles
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Table A1. Cont.
Study Device Details Alloy Failure Mode Details of Failure
- Corrosion (rusting) visible on surface






316L Stainless steel Corrosion
- Mechanically intact & no significant
damage visible




316L Stainless steel Corrosion
- 72.5% (majority) of plates
showed corrosion.
- Fe, Cr and Ni (preferential) metal ions were
released into body due to corrosion







- Mechanically intact & no significant
damage visible
- Anterior/middle surface exhibited more
scratching/debris deposition—can be
indicative of damage to HMWPE bearing
- Coat spalling may indicate
device loosening
Sudhakar




- Ductile fracture facilitated by
micro-fracture due to non-metallic







316L Stainless steel Improper fixation
- Pitting potential of implant is due to higher
Chromium—2.3% and
Nickel—4% contents.
- Fracture was at 5th countersunk hole
of plate
- “Beach marks” at outer edge of crack
indicate torsional force
- Grain size and inclusion content did not
meet ASTM requirement
- Bone plate was placed anteriorly rather
than laterally which does not allow for
proper compression
- Screw head and screw hole mismatch
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Table A1. Cont.











- Phosphorus content 0.26% over
superior limit
- SEM showed evidence of brittle fracture
due to segregation of P in grain boundaries





for hip (7 other
implants discussed)
Cast Vitallium




- Period of time the implant served: 1 year






316L Stainless steel Crevice corrosion
- Period of time the implant served: 1 year




Nail plate 316L Stainless steel
Fracture due to
bending (while
trying to fit the
patient)
- Punching of screw holes too close and too
near to the edge of the nail plate
- To dissolve the precipitation of chromium












- Intergranular cracking formation: 15 μm
deep on notch surface
- Reduction of area featured:
55% approximately.
- Equiaxed α grains and Intergranular β
platelets revealed
- Corrosion observed on intergranular







5052-F Aluminum Fracture due to
ductile overload
- Number of plates fractured in the upper
part of the hole to the right of the fracture
line: 5
- Surface: Dim and grayish showing intense
plastic deformation
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Table A1. Cont.
Study Device Details Alloy Failure Mode Details of Failure
Roffey




Failure at a point of
maximum stress
due to bending and
torsional loading
- No. of fracture initiation points: 2
- Large Beach marks indicate large number
of cycles to failure
- Visible ratchet marks indicative of
fatigue failure
- Scratching and scoring patterns support
post-manufacturing damage
- Fatigue fracture pattern confirms
mechanical damage prior to fracture
- Initial fracture occurred in region of lowest
cross-sectional area
- Mechanical damage to surface during
implantation led to initiating fatigue crack
Goswami
et al. [22] IM nail Titanium
Axial, bending,
and torsion forces
- Interference between screw, core-lock caps,
and IM nail
- Lack of purchase to bone
- Pre-crack due to interference




compression plate Stainless steel
Fretting-fatigue
- Underside of screw-head and plate hole
countersink showed marks of wear and
corrosion that led to removal of
passivation layer
- Chemical composition did not meet ISO
5832-I standards which decreases
corrosion resistance
- Presence of fretting corrosion may suggest
screw loosening
- Fatigue striations (spacing = 0.6 μm)
associated with secondary cracking
Azevedo
et al. [26]
Femoral nail-plate Stainless steel Fatigue fracture
- Multiple nucleation sites present at
high-stress concentration points
- Chemical composition failed to meet ISO
5832-I standards
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Table A1. Cont.




maxilla-facial plate CP Titanium
Corrosion-fatigue
- Evidence of brittle fracture shown by no
gross plastic deformation near
fracture surface
- Presence of fissure striations, complex
furrow structures, secondary
intergranular cracking
- Intergranular cracking near surface of
origin indicative of
corrosion—fatigue mechanism
- ISO 5832-2 standards were met for
chemical composition of CP titanium
Appendix B
Radiological Features Showing Placement of Devices and Gradual Failures
 
(a) (b)
Figure A1. Initial X-Ray images showing lateral subtalar dislocation with varus tibiotalar
joint alignment.
 
Figure A2. 18 months post-op imaging with evidence of breakage of a distal 3.5 mm talonavicular screw.
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Figure A3. 2 years post-op imaging with screw fracture more displaced and an additional fracture in
the proximal 3.5 mm cortical screw in the tibia.
 
Figure A4. 3 years post-op showing new fracture of the most proximal 3.5 mm locking screw in
the talus.
 
Figure A5. 5 years post-op with additional fractures in a 3.5 mm cortical screw in the tibia, a second
3.5 mm talonavicular screw, the 6.5 mm cannulated screw, and the 3.5 mm LCP plate.
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Figure A6. 6 years post-op with an additional fracture in a 3.5 cortical screw in the tibia and the
fractured plate became more widely displaced. The valgus deformity seen earlier had now progressed
to nearly 30 degrees.
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Abstract: A fractured stainless steel 3.5 mm proximal humerus internal locking system (PHILOS)
plate and screws were investigated in this paper. This plate was used for ankle arthrodesis of
a 68-year-old female with a right ankle deformity. Both the plate and screws were considered
in this investigation. Optical and scanning electron microscopes (SEM) were used to document
fracture surface characteristics, such as extensive scratching, plastic deformation, rubbed surfaces,
discoloration, and pitting, along with cleavage, secondary cracking, deposits of debris, striations,
and dimples. Indications of these features show that the plate failed by corrosion fatigue, however,
overloading separated the screw(s) in two parts. Radiographic evidence shows that the screws
failed ahead of the plate from the proximal end. Three-dimensional models of the plate and the
screws: cortical, locking, and cannulated, were constructed using Solidworks and imported in ANSYS
Workbench 16.2 to simulate the loading conditions and regions of stress development. Statistical
analysis was conducted to understand the impact of different factors on the maximum von Mises
stresses of the locking compression plate. These factors were the load, screw design pattern, coefficient
of friction between the plate and screws, and cortical screw displacement. In summary, the finite
element simulation of the plate validates the fractographic examination results. The following
observations were made: (a) as the angle between the screws and the plates increased, the von Mises
stresses increased in the cortical screws; and (b) the stress in the locking screws was lower than
that of the cortical screws, which may be due to locking the screws with fixed angles onto the plate.
Finally, fractographic examination of the cortical and locking screws supports the mechanism of
corrosion-fatigue fracture from crack initiation sites, pits, due to the presence of inclusion bodies for
this material (ASTM standards F138-03 and F139-03) documented for the plate in Paper I.
Keywords: locking plate; fracture; finite element; implant; cortical screw; locking screw
1. Introduction
Numerous methods of fixation have been advocated for tibiotalocalcaneal (TTC) arthrodesis,
including external fixation, screws [1], intramedullary nails [2], dynamic compression plate fixation [3],
and the use of locking plates. Intramedullary nails have several advantages over other internal fixation
devices, for instance, better bending and torsion strength [4,5]. However, this type of fixation may
not be used with severe-deformity patients [6]. Plates are widely used in bone internal fixation.
Different materials are used for medical implants, such as Ti-6Al-4V, 316l stainless steel, Co Cr. 316L
stainless steel is used extensively in internal fixation devices due to its excellent properties, such as its
competitive price point and compatibility with the human body. On the other hand, corrosion fatigue
can drastically affect the lifetime of the internal fixation devices and lead to catastrophic failure.
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As screw positioning is one of the main problems that leads to the failure of plates, locking
compression plates (LCP) are preferred in arthrodesis. With this technique, the screw head threads are
fixed to the plate with a specific angle that helps in reducing the risk of screw failure. Locking screws
increase the stabilization of fractures, but they are more expensive than other types of screws. Hybrid
fixation uses a combination of both locking and non-locking screws, which improve the stabilization
economically. The locking and hybrid construct principles are outlined in Goswami et al. [7].
1.1. Bone Screw Aspects of Design
A screw comprises of a head, shaft, thread, and tip.
• The screw heads can be crossed, hexagonal, or star. The crossed screw head driver has a good
advantage in torque transmission [8]. However, a hexagonal driver provides a strong and
insensitive alignment connection with the screw.
• The screw shaft represents a smooth link with no threads and might be (1) fully threaded with the
cross-sectional diameter decreasing from the head to the bottom tip of the screw; (2) has a similar
diameter for both the shaft and the thread root and provides strength and alignment inside the
holes, however, it may require over drilling during surgery; and (3) have a similar diameter for
both the shaft and the thread major diameter, however, with a weaker shaft [9].
• Screw threads with a constant angle increase the depth and pitch of the screw, while decreasing
the pitch of the screw decreases the depth but keeps the angle constant. The surface of the thread
should be perpendicular to the pullout load direction [9].
• The screw tip can be cork, blunt, self-tapping, or self-cutting. A self-tapping tip has a sharp flue
that needs a lower amount of force. However, it needs 30–40% more torque to be placed [9].
1.2. Biomechanics of Bone Screws
There are many differences among the cortical, cancellous, locking, and cannulated screws.
The head of the locking screw has threads. Additionally, the size, core, and pitch of the threads change
depending on the type of the screw. The cancellous screw has a larger pitch and a larger core diameter
than the cortical screw. In addition, the tip of the screw is either rounded or fluted [10].
When using non-locking screws, a compressive force between the plate and the bone occurs
with enough friction to provide the stability with a higher stress than the locking screws. On the
other hand, the initial stress develops due to the tightening of the head inside the plate, followed
by a compressive force that occurs on the bone around the locking screw. Additionally, the angle
does not change between the locking screw and the plate that provides higher resistance against
bending [11]. The cannulated screw has less strength than the non-cannulated screw as it has a larger
core diameter [12]. The main mechanisms for screw failure are the excessive torque that leads to
shear failure or the loading of the plate in a different direction than the screw, which leads to bending
failure [9].
Studies showed that 42% of the torque that is applied to the screw is lost to overcoming the
friction between the screw and the bone [9,13]. This is one of the main reasons that surgeons apply
high force and torque, which leads to higher shear stress on the screw, where the shear stress is
directly proportional to the torque and inversely proportional to the diameter. Shear failure force is
proportional to the material ultimate shear stress and the thread shear area [14].
In addition, there are two main factors that affect the amount of torque required for the insertion
of the screw, which are the tapping and lubrication. Perren [8] showed that 43% of torque loss happens
due to the screw-plate friction, 42% of torque loss due to the screw threads-bone friction, and only
15% of torque transforms into an axial force. While, Hughes and Jordan [13] showed that 50% of
torque occurred due to the screw-plate and screw-bone friction, 10% of torque loss is due to the screw
threads-bone friction, 35% of torque loss is due to cutting threads, and only 5% of torque transforms
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into an axial force. In contrast, the lubricated and tapped screw friction decreased by 50%, 0% of torque
loss is due to the screw threads cutting, and 65% of torque transformed into axial force [9].
There are many designs of plates that can be used for tibiotalocalcaneal fixation or the fixation
of a tibial bone fracture. Unfortunately, the lack of resources makes the best fixation option not
always available. This issue has resulted in the use of humeral fixation plates for tibiotalocalcaneal
arthrodesis. There are several studies that focused on the capability of using the humeral locking plate
for tibiotalocalcaneal arthrodesis, as shown in Table 1, wherein 2007, a study on 18 patients showed that
94.4% of the patients had successful fusion after approximately 20 weeks when the proximal humeral
locking plates were used for obtaining tibiotalocalcaneal arthrodesis [1]. Additionally, another study in
2011 reported successful results when the same plate was used for ankle arthrodesis [15]. In addition,
in 2016, Shearman et al. showed that 81% of patients had satisfactory results when proximal locking
plates were used for obtaining tibiotalocalcaneal arthrodesis [4].
Table 1. Studies focused on the capability of proximal humerus internal locking system (PHILOS) for
tibiotalocalcaneal arthrodesis.
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In the present study, a failed PHILOS construct was examined and a computational simulation
performed to validate the regions of stress development causing the physical failure of the system.
2. Background
A fractured stainless steel 3.5 mm LCP proximal humerus locking plate (PHILOS), originally
manufactured by Synthes, is investigated for the failure mechanism(s) responsible for its failure.
A typical LCP proximal humerus locking plate is shown in Figure 1. It can be seen that the plate was
inverted to handle the anatomical shape of the tibiotalocalcaneal area, where the proximal part of
the plate was fixed to the calcaneus and talus. The fractured pieces are analyzed to determine the
mechanism of failure. In Paper I, the PHILOS plate failure analysis was carried out and a state of the
art literature review of hybrid constructs is summarized [16]. This paper not only presents the results
of finite element simulations of the PHILOS construct (plate and screws) but also examines the failure
mechanisms of the screws that failed.
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Figure 1. The fractured 3.5 mm LCP proximal humerus locking plate shaft showing the crack initiation
and propagation in two directions (red arrows) (left). The proximal part of the plate is divided into
six levels, from A to F (middle). It can be seen that the plate is inverted to align with the anatomical
shape of the tibiotalocalcaneal area, where the proximal part of the plate was fixed to the calcaneus and
talus (right).
The PHILOS plate and screws were used for a 68-year-old patient that had a right ankle plantar
arthrodesis, deformation on the right ankle, and dislocation on the lateral subtalar joint. The distal part
of the plate was fixed to the lateral part of tibia and calcaneus by 3.5 mm cortical screws. Additionally,
3.5 mm locking screws were used to fix the proximal part of the plate. Furthermore, a 6.5 mm
cannulated screw was used to apply compression on tibiotalar and subtalar joints. In addition, 3.5 mm
screws with washers were used to support the fusion of the talonavicular joint. After six years, the plate
and the screws were removed from the body. Table 2 summarizes all the parts that are submitted
for investigation.
Table 2. Pieces of the PHILOS system submitted for investigation.
Name of Device Size Company Serial No. Date of Insertion Failure First Noticed
LCP Proximal Humerus
Locking Plate 3.5 mm DePuy Synthes N/A 08/2008 2014
Cortical Screws 3.5 mm DePuy Synthes N/A 08/2008 2010–2014
Locking Screws 3.5 mm DePuy Synthes N/A 08/2008 2011–2014
Cannulated Screw 6.5 mm Zimmer N/A 08/2008 2013
Note: X-ray images with respect to dates are shown in [16].
3. Visual Examination
3.1. The Plate
Visual examination demonstrated that the LCP plate was fractured into three pieces. The anterior
and posterior views of the plate are shown in Figure 1. The proximal part of the plate can be divided
into six levels, from A to F [17], as shown in Figure 1.
The plate failed at levels B–E. Additionally, Figure 1 shows that the crack initiated from under one
of the locking holes near the middle of the plate at level (E). This fracture progressed in two directions
(the red arrows), one in the diagonal direction and another in the perpendicular direction, which
caused the plate to fail into three pieces. The distal part of the plate shaft had been removed to perform
some additional tests. Observing the plate under the optical microscopy showed a considerable
amount of scratches and pitting. Details of the plate failure have been discussed in Paper I [16].
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3.2. The Screws
Twelve screws were submitted for examination, as shown Figure 2. Four were 3.5 mm cortical
non-locking screws, and three (75%) of these screws fractured into two pieces. The X-ray images
showed that the first cortical screw failed after two years of implantation [16] and the other two screws
failed after five to six years [16], visible in X-rays. One of the cortical screw heads remained on the
plate after removal. Seven 3.5 mm locking screws were submitted for investigation, and three (42.8%)
of these screws fractured into two pieces. It was difficult to visualize the time of failure of the locking
screws after the implantation in the X-ray images because the screw density was high at the area of
insertion of the locking screws. One of the locking screw heads and other undamaged locking screws
remained in the plate after removal. In addition, one 6.5 mm cannulated screw fractured within five
years of implantation, as was observed in the X-ray images [16]. No physical damage to the devices
that may have led to the failure was observed. Radiographic evidence, as seen in Figure 1, shows that
the screws failed ahead of the plate from the proximal end.
Figure 2. Screw visual observation showed the fractured screws (upper), some thread flattening
(middle), and the fractured 6.5 mm cannulated screw (below).
4. Fractographic Examination
Optical and scanning electron microscopes were used to document the fracture surface
characteristics such as extensive scratching, plastic deformation, rubbed surfaces, discoloration, and
pitting, along with cleavage, cracking, deposits of debris, striations, and dimples. A PEMTRON
scanning electron microscope (SEM PS-230, Seoul, Korea) with 10 KV was used to perform the
fractographic examination. Fractographic analysis was performed on the plate and four screws in
the fractured regions. By examining the fractured surface of the plate, quasi-cleavage fracture was
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observed, as shown in Appendix A (Figure A1). The literature showed similar observations that the
corrosion–fatigue mechanism was responsible for the failure of the plates [18–20]. However, another
study showed that the failure of plates could be a result of improper material [21].
The cortical screws were marked as CS1, CS2, CS3, and CS4 from the proximal to the distal
direction. The locking screws were marked depending on the level of insertion, shown in Figure 1,
as LA, LB, LC, LD, and LE. Cortical screws CS1 and CS4 were examined with the SEM. Appendix A
(Figures A2–A4) show the main details in CS1, where the presence of striations and microcracks can
be noticed, while Appendix A (Figures A5–A7) shows the main details in CS4, where the presence of
striations in different directions can be noticed. In addition, two locking screws were examined with
the SEM. Appendix A (Figures A8–A11) shows the main details for the locking screws.
It can be noticed that the fractured surfaces of the screws were rubbed. Rubbing happened
inside the body as the devices failed after two years of insertion and were kept inside the body
for four more years, which caused the loss of some of the important features that caused the crack
initiation. Additionally, it was observed that the cracks in the fatigue areas of the plate initiated
from corrosion pits. In general, the investigation showed that the failure was a result of conjoint
bending/torsion loading and corrosion–fatigue cracking that propagated from the bottom of pit(s).
The pitting susceptibility of this material is widely documented in the literature arising from inclusions,
which were reported in Paper I [16]. The mechanisms governing failure of the screws are similar to
that found for the plate [16].
5. Material Conformity
The metallographic qualitative analysis was performed based on ASTM standards F138-03 and
F139-03 [22]. A sample from the locking screw was taken. Cutting, mounting, and polishing were
performed to prepare the sample. The polishing was done with different grades of silicon carbide
papers (320–600 grit) and diamond abrasive solutions (9–0.01 μm). After the polishing, X-ray energy
dispersive spectroscopy (EDS, Thermo Fisher Scientific, Hillsboro, OR, USA) was performed on the
screw sample surface, and the results were compared with the ASTM standards F138-03 and F139-03
reported for stainless steel 316L to ensure that there is no significant difference that might have caused
the failure [18,23]. Figure 3 shows the peaks of different element weight percent in the screw, and the
data on each area is summarized in Table 3. Additionally, ASTM standard F139-03 has set additional
requirements to ensure that the material meets the specifications, which is shown in Equation (1):
% Cr + (3.3 × %Mo) ≥ 26.0 (1)
Figure 3. Energy dispersive X-ray analysis shows the peaks of different element weight percent in the
cortical screw sample.
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(Min–Max) Area 1 Area 2 Area 3 Average
%Mn 0–2.04 1.63 1.51 1.62 1.57
%Si 0–0.80 0.62 0.63 0.42 0.56
%Cr 16.80–19.20 18.57 18.68 18.71 18.65
%Mo 2.15–3.10 2.97 3.09 2.36 2.81
%Ni 12.85–15.15 14.83 14.94 14.63 14.8
The screw confirmed to the ASTM standard and there is no significant difference that might have
caused the failure.
6. Computational Simulations of Failures
6.1. Finite Element Analysis
Three-dimensional models of the plate and the screws: cortical, locking, and cannulated were
constructed using SolidWorks (Dassault Systèmes SolidWorks Corp., Concord, MA, USA) and imported
in ANSYS Workbench 16.2 (ANSYS Inc., Canonsburg, PA, USA) to simulate the loading conditions
and regions of stress development. The dimensions of the cortical, locking, and cannulated screws
were taken from the Synthes brochure [24], and the PHILOS plate was measured from the submitted
samples, Figure 4. Models were generated depending on patient-specific geometric information that
was obtained manually from the X-ray images. The modeling of each screw has depended on the
angle of its insertion inside the bone of this patient. However, locking screw placement angles were
not clearly visible in the X-ray due to the presence of too many screws that were used in the fixation,
Figure 5. That being said, the locking screws placement angles were measured manually by inserting
locking screws inside a sample plate. Figure 6 shows the angles of the locking screws at level A.
Locking screws at level A were inserted slightly upward with a 30◦ angle above the neutral axis of
the center of the screw hole and parallel to each other. The locking screws at level B were inserted
perpendicular to the plate with an inward 30◦ angle. The locking screws at level C were inserted
upward with a 40◦ angle above neutral axis and outward 30◦ angle. The locking screws at level D were
inserted slightly upward with a 10◦ angle above the neutral axis. Finally, the locking screw at level
E was inserted upward with a 30◦ angle above the neutral axis and slightly outward. The heads of
the locking screws were fixed with no displacement allowed. Additionally, the material properties of
stainless steel 316L were assigned according to the ASTM standard [22], shown in Table 4. The cortical
and cancellous components were modeled with a 12.7 GPa and a 0.9 GPa modulus of elasticity and a
0.3 and a 0.2 Poisson’s ratio, respectively [25]. Materials were treated as homogeneous, isotropic, and a
linear elastic analysis was carried out. All the results were within the limitation of this assumption
assuming all loads transferred from bone to the plate. Figure 7 shows the loading conditions that have
been applied to the plate and the screws.
It is claimed that when a PHILOS plate is closed with all the screw holes, the fixation is stable
and fracture union takes place with time. However, with the current subject, the device started to fail
before the bone union took place, which caused some displacement and led the screws to fail after
two years, visible when X-rays were taken. We ignored the effect of screw failure on the adjacent level
screws both in terms of construct plate-screw placement angles and load transfer. As there is no viable
way to identify the amount of screw micro-motion in this construct, it was assumed that displacement
in the cortical screws within the range of 0.05–0.25 mm occurring within the few months after load
bearing based on our research on hybrid constructs where the stiffness drop occurs within the first
5000 fatigue cycles [7] resulting in altering the coefficients of friction between the screws and bone; 0.5
with all screws intact to 0.1 when screws began to fail. All the locking screws were assumed to be fixed,
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while some displacement was allowed for the cortical screws along the x-axis, as shown in Figure 8,
simulating human gait to reflect loading and deformation. The loading was applied in two steps;
(1) the preload torque for the installation of the screw, and (2) the axial loads. The applied load on the
ankle joint might reach 3.5 times of the body weight in the gait cycle during the push-off stage [26].
The body weight of the patient was assumed to be 80 kg in this study. However, for patients with
abnormal gait cycles, the applied load may reach four times of the body weight (3000 N) or higher.
To simulate the contact analysis in the model, the target and contact surfaces between the plate and
bone, the plate and screws, and bone and screws were defined by not merging the nodes between the
components and assuring the union and the transformation of the loads and the deformation between
the plate, screws, and bone with a coefficient of friction of 0.4 between the plate and the bone [27],
0.35 between the plate and the screws [28], and five different coefficients of friction were obtained
between the screws and the bone (0.1, 0.2, 0.3, 0.4, and 0.5) [27]. Furthermore, five different axial loads
were tested to observe the PHILOS device in normal and extreme situations with axial loads ranging
from 500–2000 N with a torque load 5.0 Nm [29,30]. The loading in the screws had been inclined to
match with the insertion angle of each of the screws. In addition, two screw pattern designs (Figure 8)
were assumed in order to investigate the effect of screw position on the maximum stress of the plate:
design (A) where the screws inserted at levels A, C, D, and E, and design (B) where the screws inserted
at levels A, B, C, and E, as shown in Figure 8, and the loading and boundary conditions are shown
in Figure 7. In addition, the tetrahedral element type was used in this study. The FE meshing was
automatically adapted through Ansys, where convergence tools were used with 5% convergence,
which resulted in approximately 50,000 elements and 85,000 nodes, as shown in Figure 7. Some studies
suggested removing of unused screw holes from the model, however, in this study all the holes were
included in the design, and only filled with screws per designs A and B, Figure 8.
Figure 4. The dimensions of the 3.5 mm standard locking compression plates (LCP) proximal humerus
locking plate.
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Figure 5. X-ray image showing the screws used in the tibiotalocalcaneal fixation.
Figure 6. Variable angle placement of the locking screws at level A.
Table 4. Stainless Steel 316L material properties [22].
Material Properties 316L Stainless Steel
Elastic Modulus (GPa) 200
Shear Modulus (GPa) 82
Poisson’s Ratio 0.265
Mass Density (g/m3) 8.027
Tensile Strength (N/mm2) 860
Yield Strength (N/mm2) 690
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Figure 7. The loading and boundary conditions applied on the model.
Figure 8. Screw pattern designs. Design A (left) and design B (right) [17].
6.2. The Results
The maximum von Mises stress in the plate was obtained with two screw pattern designs, five axial
loads and coefficients of friction between the screw and the plate, and five cortical screw displacements,
and the results are summarized in Table 5. Figure 9 shows the von Mises stresses of the 316L SS plate
with screw design B, 500 N axial load, 0.5 coefficient of friction between the screw and the plate, and
0.1 mm cortical screw displacement. It was observed that the maximum stresses are in the levels B–E,
which validates the visual and fractography examinations. Additionally, the maximum stresses were
between 201 and 346 MPa for 500–750 N axial loading, which is significantly lower than the yield
strength (σy = 690 MPa) of the material. However, for the fatigue limit at 107 cycles, the maximum
stresses should be equal to, or less than, 440 MPa to be in the safe region [31]. On the other hand, the
maximum stresses were between 504 and 692 MPa for 1500–2000 N axial loading, which is significantly
higher than the failure criteria used. At this level, the developed stresses are likely to cause plastic
deformation and failure prematurely. If the environmental effects were included, the corrosion fatigue
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crack propagation may activate at this level of loading. Since the ankle deformity gives rise to the
increased level of force development in the range of 4–8 times the body weight, the extrapolated von
Mises stress may reach as high as 900 MPa. In addition, the simulations show that higher coefficients
of friction reduce the von Mises stress for both pattern designs and for different loading conditions.
As a result estimation of the actual loading behavior of the plate from the activities of daily living
of the individual, together with mechanical parameters such as the coefficient of friction, loosening,
and axial loading in the screw and plate, will be very difficult to isolate and predict the combined
mechanisms and failure behavior.
Table 5. The maximum von Mises stresses of the plates were obtained for five different loads, five





Design A Design B
Non-Locking Screws Displacement (mm)
0.05 0.10 0.15 0.20 0.25 0.05 0.10 0.15 0.20 0.25
500
0.10 219.81 221.90 224.19 226.72 229.49 220.86 222.95 225.24 227.76 230.54
0.20 210.54 211.70 212.97 214.38 215.92 211.59 212.75 214.02 215.42 216.97
0.30 205.39 206.03 206.74 207.52 208.38 206.44 207.08 207.79 208.57 209.43
0.40 202.53 202.88 203.28 203.71 204.19 203.58 203.93 204.33 204.76 205.24
0.50 200.93 201.13 201.35 201.59 201.86 201.99 202.19 202.40 202.64 202.91
750
0.10 330.26 333.39 336.83 340.62 344.78 331.29 334.42 337.86 341.65 345.81
0.20 316.35 318.09 320.00 322.10 324.42 317.38 319.12 321.03 323.14 325.45
0.30 308.62 309.59 310.65 311.82 313.11 309.66 310.62 311.69 312.85 314.14
0.40 304.33 304.87 305.46 306.11 306.82 305.37 305.90 306.49 307.14 307.85
0.50 301.95 302.24 302.57 302.93 303.33 302.98 303.28 303.61 303.97 304.36
1000
0.10 440.70 444.87 449.46 454.50 460.06 441.72 445.89 450.48 455.53 461.08
0.20 422.15 424.47 427.02 429.82 432.91 423.18 425.49 428.04 430.85 433.93
0.30 411.85 413.14 414.56 416.11 417.83 412.88 414.16 415.58 417.14 418.85
0.40 406.13 406.84 407.63 408.50 409.45 407.15 407.87 408.66 409.52 410.47
0.50 402.95 403.35 403.78 404.26 404.79 403.97 404.37 404.81 405.29 405.82
1500
0.10 551.13 556.34 562.08 568.39 575.33 552.15 557.36 563.10 569.41 576.35
0.20 527.95 530.85 534.04 537.54 541.40 528.97 531.87 535.06 538.56 542.42
0.30 515.08 516.68 518.46 520.40 522.55 516.10 517.70 519.48 521.42 523.56
0.40 507.92 508.82 509.80 510.88 512.07 508.94 509.84 510.82 511.90 513.09
0.50 503.95 504.44 504.99 505.59 506.25 504.97 505.46 506.01 506.61 507.27
2000
0.10 661.56 667.82 674.70 682.28 690.61 662.58 668.84 675.72 683.29 691.62
0.20 633.75 637.23 641.05 645.26 649.88 634.77 638.24 642.07 646.27 650.90
0.30 618.30 620.23 622.35 624.69 627.26 619.31 621.25 623.37 625.71 628.28
0.40 609.71 610.79 611.97 613.27 614.69 610.73 611.80 612.98 614.28 615.71
0.50 604.94 605.54 606.20 606.92 607.71 605.96 606.56 607.21 607.93 608.73
On the other hand, the maximum von Mises stresses increased with the increase in cortical screw
displacements, as the screws began to fail, as shown in Figures 10 and 11. The maximum von Mises
stresses of the cortical screws occurred near the head of the screw when the screw was perpendicular
to the plate, as shown in Figure 12 (will be further discussed in Section 7). However, the maximum von
Mises stress of the cortical screw was near the middle of the screw when the screw was at an upward
angle, which will be further discussed in Section 7. In addition, the maximum von Mises stresses of
the locking screws were distributed across the screws and were higher at levels A, C, and E, where the
screws have slightly upward angles. Figure 13 shows the von Mises stress of the locking screw at level
C and the screw insertion angles. Table 6 shows the maximum von Mises stresses of the cortical and
locking screws. Finally, the von Mises stress of the cannulated screw is shown in Figure 14, and it is
observed that the stresses are higher in the shaft of the cannulated screw.
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Figure 9. The von Mises stresses in the 316L SS plate with screw design B, 500 N axial load, 0.5 coefficient
of friction between the screw and the plate, and 0.1 mm cortical screw displacement.
Figure 10. The surface plot of the maximum von Mises stresses in the 316L SS plate with screw design
B and 0.25 mm cortical screw displacement vs. the coefficient of friction (COF) and the axial force.
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Figure 11. The surface plot of maximum von Mises stresses in the 316L SS plate vs. the coefficient of
friction (COF) and the cortical screw displacement (mm) for different axial loads (a) 500 N, (b) 750 N,
(c) 1000N, (d) 1500 N, (e) 2000 N.
Figure 12. Comparing a two-year post operation X-ray image with the von-Mises stress of the 316L SS
cortical screw (CS3).
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Figure 13. The von Mises stress of the 316L SS locking screw at level C and the screw insertion angles.
Table 6. The maximum von Mises stresses in the screws.
Description Cortical Screws Locking Screws
The Screw CS1 CS2 CS3 CS4 A B C D E
Maximum Stress (MPa) 54.164 56.6316 62.926 59.627 31.138 26.4 32.25 28.04 31.9
Figure 14. The von-Mises stresses in the cannulated screw.
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7. Discussion
This paper not only examines the PHILOS plate computational simulations, but also examines
the failure mechanisms of all the screws that failed. On visual examination, it can be noticed that the
crack initiated from under one of the locking holes near the middle of the plate. Observing the plate
under optical microscopy indicated that the surface of the plate had a considerable amount of scratches
and pitting. Seventy-five percent of the cortical screws and 42.8% of the locking screws fractured into
two pieces. Chemical, qualitative analysis of our results shows that the screw confirmed to the ASTM
standards F138-03 and F139-03 and there is no significant difference that may have caused the failure.
Optical and scanning electron microscopes were used to document the fracture surface
characteristics, such as extensive scratching, plastic deformation, rubbed surfaces, discoloration, and
pitting, along with cleavage, cracking, deposits of debris, striations, and dimples. Fractographs show a
quasi-cleavage fracture. Azevedo [19], Kanchanomai et al. [20], and Majid et al. [32] showed similar
observations that the corrosion–fatigue mechanism was responsible for the failure of plates. However,
Sivakumar et al. [33] showed that the failure of plates could be a result of improper fixation. On the
fracture surface of the cortical screws, we noticed the presence of striations, microcracks, and rubbed
surfaces. The presence of the inclusions, as presented in paper I [16] for this material, increased the
pitting susceptibility of SS316L and possible transitioning to corrosion fatigue cracking. FEM analysis
clearly shows that at any level of load bear, the developed stresses will cause plastic deformation
at the sites of screw holes and this plasticity will initiate a crack. Thapa et al. showed a similar
fractographic examination for the locking plate [34]. Indications of these features show that the plate
failed by corrosion fatigue. However, overloading separated the screws into two parts. Radiographic
evidence shows that the screws failed ahead of the plate from the proximal end. Finally, fractographic
examination of the cortical and locking screws supports the mechanism of corrosion–fatigue fracture
from crack initiation sites due to the presence of inclusion bodies and pits.
In addition, two screw pattern designs were assumed in order to investigate the effect of the
screw position on the maximum stress of the plate. Some studies suggested the removal of unused
screw holes from the model, however, in this study all the holes used in the simulation provided
higher fixation strength and stability. The results of the computational simulation showed that the
maximum stresses simulated the loading conditions and regions of stress development. The simulation
showed that having higher coefficients of friction reduces the von Mises stresses for both pattern
designs and for different loading conditions. On the other hand, the maximum von Mises stresses
of the PHILOS plate increased with the increase in cortical screw displacements. The results for the
visual, fractography, and quantitative examinations of the cortical, locking, and cannulated screws are
summarized in Table 7.
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The maximum von Mises stresses of the cortical screws were near the head of the screw when the
screw was perpendicular to the plate and near the middle when the screws were at upward angles.
If we compare the von Mises stresses of the four cortical screws across the cortical screws length, it
was observed that the maximum stresses are almost similar for all the screws, but the position of the
maximum stresses varied depending on the angle of the screws, as shown in Figure 15. Additionally,
the graph shows that the stresses are, at a minimum, at the head of the C1 and C2 screws. Then, a
sharp increase in the stresses can be noticed at the shaft of the screw near the head, as this is the area
where the screw cuts through the cortical bone and is exposed to the axial load of the bone. Then
the stress distribution decreased gradually. On the other hand, C3 and C4 cortical screws were at an
upward angle. This angulation increased the stress by 165% on the shaft of the screw than the head
of the screw. In the case of locking screws, the maximum von Mises stresses were distributed across
the screws. However, the maximum von Mises stresses were only 110% higher at levels A, C, and E
where the screws have slightly upward angles. Figure 16 shows a comparison between the von Mises
stresses across the locking screw length. It can be noticed from the graph that the maximum stresses
were near the heads of the screws and as the screws entering the cortical bone. Finally, it was observed
that the stresses were 170% higher in the shaft of the cannulated screw than the head and the tip of the
screw. In general, the maximum von Mises stresses experienced by the screws were lower than the
fatigue stress limit. However, corrosion in this case may drastically affect the lifetime of the screws by
reducing the number of cycles to failure. The numerical analysis was conducted to understand the
impact of different factors on the maximum von Mises stresses of the locking compression plate. The
statistical analysis showed that the applied load has a significant effect on the maximum stresses, but
the screw pattern design does not have a significant effect. In summary, the fractographic examination
of the cortical and locking screws supports the mechanism of corrosion–fatigue fracture from crack
initiation sites due to the presence of pits and/or high plasticity regions. Additionally, the cracking
followed by the rotating bending mechanisms since the axial load and torsion control that behavior.
This study validates the physical failure with the computational simulations.
Figure 15. The von-Mises stresses of the 316L SS cortical screws across the screw length.
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Figure 16. The von-Mises stresses of the 316L SS locking screws across the screw length.
8. Conclusions
Attempts were made to perform qualitative and quantitative failure analyses of the PHILOS
construct in this paper. This study clarifies that there are several factors that, together, caused the
mechanical and clinical failures of the system summarized below.
1. Fractographic examination of the cortical and locking screws supports the mechanism of
corrosion-fatigue fracture from crack initiation sites due to the presence of inclusion bodies
and pits and regions of high plastic strains due to load bear. The regular features, such as beach
marks and striations, were present indicating fatigue and/or corrosion fatigue controlled the
failure process.
2. The simulations showed that the maximum von Mises stresses of the PHILOS plate increased
by 2.2% with the increase in cortical screw displacement as expected as the screws began to fail,
giving rise to higher macro-motion of the construct at the same time lowering the coefficient of
friction between the contacts.
3. The analysis of cortical screws showed that the stresses increased by 7.4% as the angle between
the screw and the plate increased.
4. The stresses in the locking screws were lower than the cortical screws by 25.5%, and this may be
a result of the locking screws’ fixed angles with less range of motion.
The finite element simulation of the plate validated the loading conditions and regions of stress
development that supported the visual and fractographic examinations causing the physical
failure of the PHILOS system.
Acknowledgments: Allen Jackson, Wright State University, Dayton, Ohio provided access to the SEM facility.
Author Contributions: Farah Hamandi performed the SEM analysis and texture related research, mechanical
tests, and the theoretical aspects of the paper. Richard Laughlin performed the revision surgery and removed the
device components. Tarun Goswami, led this research study, recruited students, verified the analytical methods
and edited or written the body of the paper.
Conflicts of Interest: The authors declare no conflict of interest.
51
Metals 2018, 8, 279
Appendix A
Fractographic Examination
Figure A1. The quasi-cleavages, which are characteristics of fatigue failure (SEM).
Figure A2. Topographical SEM image of the CS1 at the fracture surface showing the damage origin
and the details of interest at the fracture surface.
Figure A3. Topographical SEM image of the CS1 showing striations.
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Figure A4. Topographical SEM image of the CS1 showing a microcrack at detail 2 (left). Detail 3 (right)
showing striations with a severely rubbed surface.
Figure A5. Topographical SEM image of the CS4 showing the details of interest at the fracture surface.
Figure A6. Topographical SEM image of the CS4 showing striations.
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Figure A7. Topographical SEM image of the CS4 showing detail 1 (left). Detail 2 (right)
showing striations.
Figure A8. Topographical SEM image of the locking screw (LC) showing the damage origin and the
details of interest.
Figure A9. Topographical SEM image of the locking screw (LC) showing highly mechanically rubbed
surfaces (left) with some striations on detail 3 (right).
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Figure A10. Topographical SEM image of the locking screw (LE) at the fracture surface showing the
damage origin and the details of interest.
Figure A11. Topographical SEM image of the locking screw (LE) showing detail 1 (left). Detail 2 (right)
showing some striations.
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Abstract: NiTi alloys possess distinct functional properties (i.e., shape memory effect and superelasticity)
and biocompatibility, making them appealing for bone fixation applications. Additive manufacturing
offers an alternative method for fabricating NiTi parts, which are known to be very difficult to machine
using conventional manufacturing methods. However, poor surface quality, and the presence of
impurities and defects, are some of the major concerns associated with NiTi structures manufactured
using additive manufacturing. The aim of this study is to assess the in vitro corrosion properties
of additively manufactured NiTi structures. NiTi samples (bulk and porous) were produced using
selective laser melting (SLM), and their electrochemical corrosion characteristics and Ni ion release
levels were measured and compared with conventionally fabricated NiTi parts. The additively
manufactured NiTi structures were found to have electrochemical corrosion characteristics similar
to those found for the conventionally fabricated NiTi alloy samples. The highest Ni ion release
level was found in the case of 50% porous structures, which can be attributed to their significantly
higher exposed surface area. However, the Ni ion release levels reported in this work for all the
fabricated structures remain within the range of most of values for conventionally fabricated NiTi
alloys reported in the literature. The results of this study suggest that the proposed SLM fabrication
process does not result in a significant deterioration in the corrosion resistance of NiTi parts, making
them suitable for bone fixation applications.
Keywords: Nitinol alloys; additive manufacturing; selective laser melting; in vitro corrosion;
porous structures; bone implants
1. Introduction
Recently, Nickel-titanium (NiTi) alloys, also known as Nitinol, have become attractive for
various applications due to their unique characteristics, such as their shape memory behavior and
superelasticity, which allows them to recover from large strains as high as 8% [1–4]. In addition,
NiTi alloys are more biocompatible when implanted inside the human body, and have a more
desirable strength and modulus of elasticity compared to the metallic alloys conventionally used
(e.g., Ti-6Al-4V) [5–8]. The advantageous properties of NiTi alloys make them appealing for different
biomedical load-bearing applications, such as staples, clamps, orthodontic wires and bone implants.
The high biocompatibility of NiTi alloys is due to their high corrosion resistance, which can be
attributed to the fast formation of protective layers on the surface, especially when exposed to
Cl-containing environments (e.g., physiological environment). These protective layers mainly consist
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of TiO, TiO2 and Ti2O3, which are considerably more stable than the NiTi alloy [8–11]. It has been
reported that the composition of the protective layers on the surface of NiTi parts depends mainly
on the surface characteristics and the composition of the testing solution [12–14]. For instance,
the effects of intraoral aging on the surface properties of esthetic and conventional NiTi was studied
by Rongo et al. [15]. They found that, even for coated NiTi wires, the surface properties—including
the surface roughness—could be altered during and after their clinical use. In addition, the immersion
of NiTi alloys in Hank’s solution mostly forms TiO2, Ca3(PO4)2 and small traces of Ni(OH)2 as the
products of the corrosion process [11,16].
Despite the protection from corrosion provided by the formed layers on the surface of NiTi
parts, it has been reported in several studies that NiTi parts could release nickel (Ni) ions when
exposed to a physiological environment for long implantation durations [17]. Ni ions are known to be
harmful to the surrounding living tissues and to cause allergic reaction and genotoxicity in the human
body [11,18,19]. Ryhanen et al. [20] performed a comparative in vitro cell culture study to measure
Ni ions released from polished NiTi and electro-polished 316L stainless steel in a cell culture media.
In both cases, NiTi samples showed higher Ni ion levels for the first day, with a rapid decrease over
the next eight consecutive days until the Ni ion release levels of the 316L stainless steel samples were
reached. They found that, despite the higher Ni ion release in non-passivated NiTi samples, the ion
concentration value was not high enough to kill the adjacent cells due to toxicity. In a similar set of
studies conducted by Wever et al. [16], the Ni ion release of passivated NiTi samples was investigated
and compared with 316L stainless steel samples. They found the same results as Ryhanen et al. [20] and
reported a Ni ion release rate of 14.5× 10−7μg·(cm2·s)−1. Likewise, El Medawar et al. [21] investigated
the Ni ion release of NiTi samples exposed to different sets of cells and reported that the amount of
released Ni ions were 0.098 ± 0.006 ppm and 0.104 ± 0.007 ppm after 3 and 6 days, respectively. The
control medium had a constant Ni ion release of 0.01 ppm in the investigation period. In another study,
Bernard et al. [22] reported a maximum of 268 ± 11 ppb of Ni ion release in NiTi samples.
NiTi alloys are difficult to process using conventional methods and procedures (e.g., machining).
This can be attributed to many reasons, such as the stress-induced martensitic transformation,
work hardening, spring-back effects, and burr formation of NiTi alloys [5]. These are the main
reasons that the vast majority of practical NiTi devices developed so far have simple and limited
geometries, such as wires, tubes, sheets and thin rods. In addition, NiTi is very sensitive to impurity
pick up, which makes high-temperature processing challenging [5,23]. These impurities result in
the formation of Ti-rich brittle phases, which affect the functional and structural properties of the
material. Recently, Additive Manufacturing (AM) methods have been developed for the fabrication of
metallic parts, including NiTi [24,25]. This near-net-shaping technology has been able to overcome the
manufacturing limitations and has enabled the fabrication of complex geometries, such as scaffolds
and porous structures [5,24,26]. In AM methods, the final part is fabricated directly from a Computer
Aided Design (CAD) file using layer-by-layer fabrication. This powerful method of fabrication has
enabled researchers to design and introduce realistic NiTi implants, actuators, and medical devices
with complex geometries that benefit from superelastic and shape memory effects. Several studies have
introduced patient-specific, stiffness-matched NiTi bone fixation plates that can be fabricated using
additive manufacturing [27,28]. The stiffness matching offers significantly better outcomes for patients
and has been achieved by imposing specific levels and types of porosity on the NiTi parts. The use of
additive manufacturing in the biomedical field is not limited to the fabrication of metallic parts, but
it enables the fabrication of complex shapes for a wide range of materials, including polymers and
polymer-based composites [29–31]. For example, Martorelli et al. [32] used additive manufacturing to
fabricate customized polymer-based composite mandibles that simulate the mechanical behavior of
a human mandible.
The use of AM fabrication techniques and the introduction of porosity to the NiTi parts add
other factors that may affect the corrosion characteristics of 3D-printed NiTi alloys and hence the
release of the Ni ions in the physiological environment. After an extensive review of the literature,
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it was found that the corrosion behavior of the additively manufactured NiTi parts has not yet been
evaluated. This study focuses on the in vitro evaluation of the corrosion behavior of additively
manufactured NiTi parts, fabricated using a selective laser melting (SLM) process, represented in their
electrochemical corrosion characteristics and Ni ion release levels. The chosen SLM process provides
more freedom to change the level of introduced porosity, pore morphology and material composition
of the fabricated NiTi parts needed for bone implant applications. In addition, this work is the first to
assess the corrosion and ion release behavior of the porous NiTi parts compared to 1bulk 3D-printed
and conventionally fabricated NiTi parts.
2. Materials and Methods
2.1. Design and Fabrication of the Samples
Selective Laser Melting (SLM) was used to fabricate the samples. Ni50.8Ti49.2 (at %). Ingots from
NiTi Devices and Components, Inc. (Fremont, CA, USA), were provided as the raw material for
the SLM process. The ingots were atomized to powder using the Electrode Induction-melting Gas
Atomization (EIGA) technique (by TLS Technique GmbH (Bitterfeld, Germany)). Finally, the prepared
powder in 25–75 μm particle fractions was used as the input material for the Phenix PXM SLM machine
(3D Systems, Valencia, CA, USA). The utilized SLM machine was equipped with a 300 W Ytterbium
fiber laser with a beam quality of M2 < 1.2. The beam profile of the machine was Gaussian (TEM00),
and the beam diameter was about 80 μm. Table 1 summarizes the process parameters used for
fabrication of the parts. More details on the fabrication of the samples using the Phenix machine can
be found our previous studies [27,28].
Table 1. Process parameters used in Selective Laser Melting (SLM) manufacturing of NiTi parts.
Effective Laser Power (W) Layer Thickness (μm) Scanning Velocity (m/s) Hatch Distance (μm) Energy Input (J/mm3)
250 30 1.25 120 55.5
In order to study the corrosion response of the additively manufactured NiTi parts, bulk and
porous cubic samples with dimensions of 9 mm × 9 mm × 9 mm were designed and fabricated.
The porous samples were designed by imposing porosity at different levels (15–50%), as shown in
Figures 1 and 2. Samples for electrochemical corrosion characterization were fabricated with the same
dimensions, with an additional hook connected at the top surface of the cubes for better electrical
connectivity during the test. The fabricated samples were then separated from the base by using
an EDM cutting machine.
In vitro corrosion assessment of the additively manufactured (AM) NiTi parts (bulk and porous)
was performed, and it was compared to the conventionally fabricated NiTi alloy (same atomic
composition) using immersion (Ni ion release) and electrochemical corrosion tests. A simulated
body fluid (SBF) medium, prepared according to Oyane et al. [33], was used for the in vitro tests,
see Table 2. The tested samples were polished using a sand blaster, and the samples for electrochemical
corrosion characterization were further polished using SiC papers from 180 to 1500 grit. All the tested
samples (immersion and electrochemical tests) were then cleaned by water and ultrasonically cleaned
by ethanol before each test.
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Figure 1. CAD files of the immersion and electrochemical samples.
 
Figure 2. Fabricated samples for electrochemical tests.
2.2. Electrochemical Corrosion Test
Samples were molded into epoxy resin with a determined area exposed. In the cases of
conventionally fabricated and AM samples, the same exposed area of 0.5 cm2 was chosen for better
comparison. In the case of the bulk and porous structures, the whole side surfaces of the part were
exposed, and only the top surfaces were covered with epoxy, see Figure 3. In this way, a better
comparison between the electrochemical corrosion characteristics of bulk and porous NiTi devices
could be determined.
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Figure 3. The epoxy molding of the bulk and porous samples and exposed surfaces after the
electrochemical corrosion test in SBF.
A Gamry (Gamry, Centennial, CO, USA) Instruments Potentiostat was used to perform the
potentiodynamic polarization (PDP) test in the SBF at pH 7.4, 37 ± 1 ◦C and a constant scan rate of
1 mV/s from −250 to +1000 mV (versus ref. voltage) with respect to the OCP value. A standard
three-electrode system with silver chloride (Ag/AgCl) as the reference electrode, graphite rod as the
counter electrode, and the sample as the working electrode, see Figure 4, was used. The potential
values obtained from the silver chloride reference electrode were properly converted to the standard
calomel electrode (SCE) potentials for better comparison with the literature. Open circuit potential
(OCP) of the samples was measured for durations of 60 min to attain a stable state prior the experiment.
Graphical Tafel analysis was used to obtain the corrosion characteristics such as current densities and
corrosion potentials.
 
Figure 4. The electrochemical cell unit used for determining the electrochemical characteristics of the
prepared samples.
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2.3. Surface Morphology
The surface morphology of the NiTi parts after the in vitro potentiodynamic polarization test was
investigated using scanning electron microscopy (SEM). A Hitachi (Tokyo, Japan) S-4800 scanning
electron microscope equipped with energy dispersive spectroscopy (EDS) analysis was used for this
purpose. EDS analysis was used to conduct an elemental analysis on the surface’s corrosion products.
2.4. X-ray Diffraction (XRD)
The composition of the surface of the samples before and after the electrochemical corrosion test
was investigated using a Rigaku Ultima III X-ray Diffractometer (Rigaku, Tokyo, Japan) with Small
Angle X-ray Scattering (SAXS), provided by Rigaku, Tokyo, Japan. XRD with parallel beam (PB) mode
was used, and the analysis was acquired for 2θ from 20◦ to 90◦ with a step size of 0.05 at 35 mA and
40 kV using Cu Kα radiation.
2.5. Ni Ion Release (Immersion Test)
The immersion test was conducted by submerging the sand-blast polished and ethanol-degreased
samples in polypropylene tubes filled with 20 mL SBF solution at pH 7.4 and 37 ◦C. The temperature
was maintained at 37 ◦C by placing the tubes in a rotary incubator throughout the period of the
test (3 days). The continuous rotation of the tubes (at 20 rpm) during the immersion test was used
to accelerate the corrosion process and shorten the immersion test duration. In this study, the pH of
all the tested samples was recorded daily and the amount of Ni ion released in ppb after 3 days of
exposure was measured using Inductively Coupled Plasma Atomic Emission Spectroscopy (ICP-AES).
For each tested sample, 1 mL of the SBF medium after 3 days was diluted with deionized water at
a ratio of 1:10 in order to produce an adequate sample size and ion concentrations for spectrometry.
Calculations were performed according to these dilutions to determine the actual Ni ion release after
immersion. The samples were analyzed using the X-series 2 from Thermo Scientific. For quantitative
analysis, certified ICP-MS standards from Inorganic Ventures were prepared at 2% HNO3. Correlation
coefficients for calibration curves were above 0.999. The ionic concentrations (mmol/L) of the SBF
used in the present study were determined by Hansen et al. [34] and were as follows: 142.0 Na+, 5.0 K+,
1.5 Mg2+, 2.5 Ca2+, 147.8 Cl−, 4.2 HCO3−, 1.0 HPO42− and 0.5 SO42−.
3. Results and Discussion
3.1. Electrochemical Corrosion Test
In vitro corrosion behavior of NiTi plays a significant role in determining the functionality of
biomedical devices in the human body. Figure 5 shows the Tafel curves of the conventionally fabricated
NiTi alloy and the additively manufactured NiTi alloy. The additively manufactured NiTi alloy shows
corrosion characteristics (20 ± 2.1 μA/cm2 current density and −0.394 ± 0.01 V corrosion potential)
comparable to those for the biocompatible conventionally fabricated NiTi alloy (12 ± 3.8 μA/cm2
current density and −0.4155 ± 0.008 V corrosion potential). The similar corrosion characteristics of the
additively manufactured and conventionally fabricated NiTi samples imply homogenization in the
microstructure and the absence of apparent defects for the AM NiTi parts that could deteriorate the
corrosion properties. The Tafel curves also show a slightly higher corrosion current density for the
AM NiTi alloy compared with the conventionally fabricated one. However, such a small difference
is within the acceptable range and does not have a significant effect on the corrosion behavior of the
additively manufactured NiTi samples. This indicates that the additive manufacturing process does
not result in a significant change in the electrochemical corrosion characteristics of NiTi alloys.
Figure 6 shows the Tafel curves of two structures with the same volume produced by additive
manufacturing: bulk structure and porous structure (35% porosity level). As expected, the higher
surface area and the presence of many edges in the case of the porous structures resulted in a higher
corrosion current. For instance, the corrosion current increased from about 200 nA for a bulk structure
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to be 950 nA for a 35% porous structure. This increase in the corrosion currents is expected to result in
more corrosion byproducts and a higher amount of Ni ion released in vivo.
Figure 5. The potentiodynamic polarization curves of the conventionally fabricated and additively
manufactured NiTi alloy samples.
Figure 6. The potentiodynamic polarization curves of the AM NiTi alloys with two different structures;
bulk and 30% porous structure.
3.2. Surface Morphology
SEM investigation and EDS analysis were used to study the morphology and elemental
composition of corroded surfaces for the AM NiTi parts after the in vitro potentiodynamic
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polarization test, as seen in Figure 7. The corroded surfaces showed several pits with corrosion product
agglomerations on the surface. This assures the occurrence of pitting corrosion for the tested samples.
The pits observed on the surface of the AM NiTi parts were circular, with a diameter varying between
50 and 250 μm. The EDS elemental analysis showed that the agglomerated corrosion products on the
surface of the samples (point 1), concentrated inside and around the pits, consisted mainly of sodium,
phosphorous and sulfur-based compounds alongside oxygen, Ti and Ni. However, the elemental
analysis away from the pits (point 2) showed no traces of sodium, phosphorus, or sulfur. The presence
of oxygen on the surface implies the existence of oxide layers after the corrosion test.
Figure 7. SEM investigation and EDS point spectrum analysis of the corroded surface after the
potentiodynamic polarization test in SBF at 7.4 pH and 37 ◦C, (a,b) show the pits with corrosion product
agglomerations at 250× magnification; (c,d) show the corroded surface at 1000× magnification.
3.3. X-ray Diffraction (XRD)
XRD tests were conducted to determine the compounds available on the surface of the samples
before and after the corrosion process. Figure 8 represents the overlapped graphs of XRD of the NiTi
samples before and after corrosion. As can be seen, in the graph of additively manufactured NiTi
sample, the peaks of NiTi appeared in locations around 28, 43, 61 and 76 degrees, with the second peak
being the highest in intensity. However, in the XRD graph of the corroded sample, the NiTi peaks were
smaller in intensity, while new phases of HA and TiO2 emerged. These peaks belong to the corrosion
products deposited on the surface of the sample after exposure to the corrosive environment. Moreover,
the results of XRD were in a complete agreement with the EDS elemental analysis. Such biocompatible
products, in addition to their role in bone growth stimulation, may also act as corrosion barriers that
decelerate corrosion.
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Figure 8. XRD graphs of additively manufactured (raw) and corroded NiTi parts.
3.4. Ni Ion Release (Immersion Test)
The results of the Ni ion release in particles per billion (ppb) after the immersion test can
be seen in Figure 9. The results confirm that the amount of the Ni ion released of the AM NiTi
(dense structure) was similar to that for the conventionally fabricated NiTi. In addition, the AM porous
structures (15, 25, 35 and 50% porosity) showed higher amounts of Ni ion release, which confirms the
electrochemical corrosion results. For example, introducing 25% porosity increased the surface area
from 594 mm2 for bulk samples to 1997.5 mm2 for the porous sample. Such increase in the surface
area exposed to the SBF solution led to an increase in the amount of Ni ion release from 64 ppb for
bulk samples to 176.35 ppb for the 25% porous structure. However, the maximum Ni ion release
of 196.8 ppb in the case of the 50% porous NiTi structure was still within the range of most of the
values for conventionally fabricated NiTi alloys reported in the literature [22,35,36]. For instance,
Bernard et al. [22] reported a maximum of 268 ± 11 ppb of Ni ion release for conventionally fabricated
NiTi samples. This indicates that both the bulk and porous NiTi structures produced using additive
manufacturing had Ni ion release levels similar to those for conventionally fabricated NiTi alloys
confirmed to be biocompatible. The surface area calculations and the Ni ion release results are listed
in Table 3.
Table 3. The surface area and Ni ion release measurements for the conventionally fabricated and
additively manufactured NiTi samples (bulk and porous).
Sample Type Surface Area (mm2) Ni Ions (ppb) (Diluted) Ni Ions (ppb)
Conventionally-fabricated 590 5.945 59.45
AM (dense) 594 6.4 64
AM (15% porosity) 1620.3 12.79 127.94
AM (25% porosity) 1997.5 17.64 176.35
AM (35% porosity) 2106.6 19.43 194.3
AM (50% porosity) 2116.3 19.68 196.8
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Figure 9. The Ni ion release of two different structures (dense and porous) of additively manufactured
NiTi alloys in comparison to the conventionally fabricated NiTi alloy.
4. Conclusions
The additively manufactured NiTi parts were found to have a corrosion behavior (electrochemical
corrosion and Ni ion release) similar to that found for the conventionally fabricated NiTi alloy.
This indicates that the proposed additive manufacturing process does not result in a deterioration in
the corrosion resistance of NiTi parts. In addition, the SEM and XRD analysis of the corroded NiTi
samples showed the formation of biocompatible corrosion products on the surface of the sample, which
could be beneficial for bone implant applications. Adding porosity to the additively manufactured
NiTi parts increased the exposed surface area, which results in a higher electrochemical corrosion
current and hence a higher Ni ion release compared to the bulk NiTi samples. However, the Ni ion
release levels reported in this work for all the fabricated structures remain within the range of most of
values for conventionally fabricated NiTi alloys reported in the literature. It is worth mentioning that
there have been several efforts to reduce the Ni ion release of conventionally fabricated NiTi parts in
the literature using surface modification and coating techniques. Such techniques could be beneficial
to implement for additively manufactured NiTi structures to further increase the corrosion resistance
and reduce the Ni ion release rates.
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Abstract: The use of titanium bone fixation plates is considered the standard of care for skeletal
reconstructive surgery. Highly stiff titanium bone fixation plates provide immobilization immediately
after the surgery. However, after the bone healing stage, they may cause stress shielding and lead to
bone resorption and failure of the surgery. Stiffness-modulated or stiffness-matched Nitinol bone
fixation plates that are fabricated via additive manufacturing (AM) have been recently introduced
by our group as a long-lasting solution for minimizing the stress shielding and the follow-on bone
resorption. Up to this point, we have modeled the performance of Nitinol bone fixation plates in
mandibular reconstruction surgery and investigated the possibility of fabricating these implants.
In this study, for the first time the realistic design of stiffness-modulated Nitinol bone fixation plates
is presented. Plates with different levels of stiffness were fabricated, mechanically tested, and used
for verifying the design approach. Followed by the design verification, to achieve superelastic bone
fixation plates we proposed the use of Ni-rich Nitinol powder for the AM process and updated the
models based on that. Superelastic Nitinol bone fixation plates with the extreme level of porosity
were fabricated, and a chemical polishing procedure used to remove the un-melted powder was
developed using SEM analysis. Thermomechanical evaluation of the polished bone fixation plates
verified the desired superelasticity based on finite element (FE) simulations, and the chemical analysis
showed good agreement with the ASTM standard.
Keywords: Nitinol; additive manufacturing; patient specific implant; bone fixation plate; porous
structure; stiffness-modulation
1. Introduction
Oral cancer, infection, tumors, and trauma may lead to structural defects in the mandible either
aesthetically or functionally, which needs to be treated through reconstructive surgery. In this surgery,
the defective bone is removed and replaced with a bone graft using bone fixation plates and screws.
Graft mispositioning causes serious problems and so the reconstruction of segmental bony defects
needs to be accurate to provide facial contour with proper height and width of the bone and restore
jaw continuity [1]. To this end, fixation plates, most commonly made of Ti-6AL-4V (Ti64), or generally
known as titanium), are used to provide stabilization and immobilization of the bone graft. Although
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Ti64 bone fixation plates provide a high level of immobilization immediately after the surgery, they
may lead to stress shielding (bone resorption) or stress concentrations (device failure). Due to the
stiffness-mismatch between the Ti64 bone plates and the bone, stress shielding occurs on the adjacent
bone tissue, based on the bone remodeling theory, which leads to bone resorption. Followed by
continuous bone resorption on the adjacent bone, the stress levels on the bone plates increase and this
may lead to the failure of the plate, bone, and the surgery.
As a solution, our group has proposed and introduced a new generation of bone fixation plates
that are stiffness matched to the bone tissue and are fabricated via additive manufacturing [2–7].
Stiffness modulation and the matching is achieved via replacing the Ti64 with Nitinol, as well as
incorporating engineered porosity to the bone fixation plates. Nitinol (NiTi), is a biocompatible, low
stiffness, shape memory alloy, which benefits from interesting features such as superelasticity and
shape memory. Nitinol has been already used in many industrial applications as well as biomedical
applications [8–14]. In addition to the inherent low stiffness, NiTi superelastic behavior can be made
to be very similar to bone tissue. This makes it a great candidate for bone fixation and other skeletal
reconstruction applications. Although NiTi has a relatively lower level of stiffness, it still provides
a higher level of stiffness in comparison to the bone tissue. We have shown that by introducing an
engineered level and type of porosity to a bone fixation plate, one is able to further reduce the stiffness
of NiTi bone fixation plates and reach the level of bone tissue [15,16]. We have also shown that the
additive manufacturing method, in the form of selective laser melting (SLM), can be used for the
fabrication of porous NiTi bone fixation plates [17,18]. Although we have shown successful results in
different sections of this novel approach, in this article with a focus on the fabrication approach (i.e.,
additive manufacturing), we characterized the fabricated parts and updated the design methodology
based on that.
Advances in AM techniques and process development, we have been encouraged by many
researchers to study the specific fabrication of biomedical components, which were hard or impossible
to fabricate by conventional methods (e.g., machining, forging, etc.) in some cases. The use of
AM allows many opportunities not open to conventional methods, such as patient-specific implants
with tailorable properties [19–22], complex geometries [16], and better accuracies [23]. Rana et al.
fabricated a titanium patient-specific implant for reconstruction of the unilateral orbital fracture using
selective laser melting and compared it with a pre-bent titanium mesh, which was manually bent
to the desired shape. The results of 34 cases showed a higher degree of accuracy of reconstruction
in the case of SLM fabricated implants [23]. A custom made SLM titanium implant used in [24]
to treat post-traumatic zygomatic deficiency showed no sign of infection after one year with good
integration, suggesting SLM implants are an effective approach for alloplastic craniomaxillofacial bone
reconstruction. A clinical study of ten patients who used 3D-printed patient-specific Ti plates showed
facilitation in jaw reconstructive surgery as well as higher accuracies [25]. Most of the research in this
area has been conducted on Ti-6AL-4V plates and/or implants. In recent years, additive manufacturing
of NiTi alloys are getting more attention for the fabrication of complex shapes and geometries [26–30].
This is mostly due to the freedom of fabrication and the superior properties of NiTi, as mentioned
earlier. However, most of the research is fundamental, aimed at finding optimal fabrication process
parameters and their effects on the part’s properties [31], lattice structures [18], corrosion behavior [3],
modeling [32], and biocompatibility [33]. It should also be noted that all the SLM fabricated porous
structures in the literature have been evaluated only in compression mode and no study, as far as we
know, has been done on a realistic stiffness-matched porous bone fixation plate, which is under tension.
In this paper, standard-shaped 4-hole bone fixation plates with modulated levels of stiffness were
modeled and simulated in a finite element (FE) model. To validate the design and modeling procedure,
designed bone fixation plates with different levels of porosity were fabricated via selective laser melting
using Ni50.1Ti powder and mechanically tested under tension. After validation of the modeling
procedure, to achieve superelastic behavior, Ni-rich Ni50.8Ti powder was used for the fabrication of
the second generation of the bone fixation plates. Thermomechanical and composition analysis of the
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superelastic stiffness-matched porous bone fixation plates were discussed and a proper methodology
for polishing and removing the un-melted powder is then proposed.
2. Materials and Methods
In order to test the bone fixation plates using a standard tensile setup, a straight (not curved)
standard 4-hole bone fixation plate geometry, as shown in Figure 1a, was used for the fabrication of the
bone fixation plates in this paper. For the first series of fabrication, bone fixation plates with a 3-mm
thickness profile were designed and fabricated. At the second stage of the project, after validating
the FE model, to characterize the bone fixation plates with the critical level of porosity and the most
complex geometry, bone fixation plates with 1.5 mm thickness were fabricated. In order to impose
porosity on the bone fixation plates, a cubic pore cell as shown in Figure 1b, was used. The cube was
1 mm and by changing the thickness of the sides, the level of porosity was modulated. A thin 0.5 mm





Figure 1. (a) Overall geometry of the fabricated bone fixation plates and (b) unit pore cell used for
creating the porous bone fixation plates.
Two batches of Ni50.1Ti (at. %) and Ni50.8Ti (at. %) ingot were gas atomized using an electrode
induction-melting gas atomization (EIGA) by TLS Technik GmbH (Bitterfeld, Germany) to make
powder. The powder was sieved to produce particle sizes from 20 to 75 μm. The components of NiTi
were produced using an SLM machine (Phenix Systems PXM, [3D Systems], Rock Hill, SC, USA).
Our PXM SLM machine has a 300 W Ytterbium fiber laser with a wavelength of 1070 nm and a spot
diameter of 80 μm that yields a Gaussian (TEM00) profile. To lessen the impurities in the manufactured
samples, the oxygen level in the fabrication chamber was controlled to be less than 800 ppm. There are
two series of SLM fabrication process parameters, which are shown in Table 1. The standard dog-bone
samples of Ni50.8Ti with the gauge length of 20 mm, gauge the width of 3 mm, and thickness of 2 mm
were fabricated for capturing the mechanical properties of as-fabricated SLM parts.










#1 Ni50.1Ti 250 1250 120 30
#2 Ni50.8Ti 250 1250 80 30
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A Perkin-Elmer (Waltham, MA, USA) Pyris 1 differential scanning calorimetry (DSC) was used
to identify the transformation temperatures (TTs) from −90 to 100 ◦C with a heating/cooling rate of
10 ◦C /min in a nitrogen atmosphere by separating small portions of samples ranging from 30 to
45 mg. The standard tensile samples were tested with 25 kN TestResources 910 Series Servohydraulic
fatigue test machine (TestResources, Shakopee, MN, USA). A BOSE ElectroForce 3330 machine (TA
Instruments, New Castle, DE, USA) was employed to test the bone fixation plates. All samples were
loaded with a strain rate of 10−4 (s−1) to make sure of isothermal condition. All tests were performed
at room temperature (RT). A 2D digital image correlation (DIC) system (correlated solutions, Irmo, SC,
USA) by Correlated Solutions, which uses a 5-megapixel camera, a Tonika 100 mm lens, and VIC_2D
software was employed to measure the strain. The samples were painted with black and white speckle
pattern for DIC measurement. The chemical analyses were performed on the SLM bone fixation plates
according to ASTM 2063 standards (Table 2). Two different etching solutions (Table 3) and three
different exposing times (2, 4, and 6 min) were utilized to chemically polish the superelastic porous
bone fixation plates [34–36]. To evaluate the polishing procedure a FEI Quanta 3D FEG scanning
electron microscopy (SEM, Thermo Scientific, Waltham, MA, USA) was used.
Table 2. ASTM 2063 test method description.
Test Method Description
ASTM E1409-13 Inert gas fusion for oxygen and nitrogen
ASTM R146-83 Vacuum hot extraction for hydrogen
ASRM E1941-16 Combustion infrared detection for carbon
ASTM E1097-12 Direct current plasma emission spectroscopy for all other elements
Table 3. The chemical composition of two etching solutions used for chemical polishing.
Etching Solution Chemical Composition Ratio (HF:HNO3:H2O)
Solution 1 HF (10%), HNO3 (40%), H2O (50%) 1:4:5
Solution 2 HF (5%), HNO3 (50%), H2O (45%) 1:10:9
3. Modeling
The bone fixation plates that we prepared were 3 mm thick with five different levels of porosity
(bulk (0%), 17%, 20%, 24%, 27%, and 30%) were designed based on the methodology explained in the
methods section. The STL file of designed bone fixation plates was re-meshed and proper volume
meshes (10-node tetrahedral elements (C3D10)) were created and verified in a mesh convergence study.
The final volume meshes were exported as INP files and imported to Abaqus (V2019, Dassault Systems;
Providence, RI, the USA for finite element modeling). An Abaqus user-defined material subroutine
(UMAT) developed based on the micro-plane theory [37–39] was used for capturing the mechanical
behavior of the NiTi bone fixation plates. The UMAT is capable of simulating both superelastic and
shape memory effects of shape memory alloys under multiaxial loading conditions [15] and requires
the thermomechanical properties of the standard coupons (e.g., Young’s modulus for austenite and
martensite, transformation temperatures, critical stresses, etc.) as the input. More details on the utilized
UMAT can be found elsewhere [40].
Thermomechanical properties of Ni50.1Ti from [41] were used for tuning the UMAT mentioned
above. Followed by preparing the FE model, the uniaxial tensile test of the bone fixation plates
was simulated. The load-displacement response of the bone fixation plates under tensile loading
is summarized in Figure 2. As it is seen in Figure 2, adding different levels of porosity to the bone
fixation plates alters the stiffness of the plates and can be used for achieving engineered levels of
stiffness. As the next step, the simulated bone fixation plates were fabricated and used for validating
the FE simulations.
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Figure 2. The load–displacement response of simulated plates with different levels of porosity.
4. Mechanical Evaluation
To validate the simulation results, a series of uniaxial tensile mechanical testing on the first
series of bone fixation plates with different levels of porosity was performed. All the parts were
fabricated horizontally and on a support structure. As shown in Figure 3, the same trend was observed
for the load-displacement response of the fabricated bone fixation plates, so that the stiffness of the
plate decreased as the level of porosity goes up. For making a comparison between experimental
and simulation data, the results of two extreme conditions (bulk bone fixation plate, 30% porosity)
were plotted in Figure 4, and as it can be seen, the simulation results are in good agreement with
experimental data.
Figure 3. The experimental result of an SLM NiTi fixation plate with different porosity levels
under tension.
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Figure 4. Comparison of experimental and simulation results of (a) bulk plate (0% of porosity) and
(b) the plate with the porosity of 30%.
As was shown in the previous sections, the stiffness of the bone fixation plates, regardless of their
overall geometry, can be modulated and tuned to a specific level based on the stiffness of the bone to
which it will be attached. However, based on our reading of the clinical literature, it would be useful
to be able to create superelastic bone fixation plates in order to recover a larger level of deformation
and insure compression between adjacent bone segments that are healing. The superelasticity of
bone fixation plates could also act as a shock absorber to prevent failure of the implant in case of
short term high impact forces or extreme, but unusual, loading conditions (i.e., failsafe). In addition,
it is sometimes useful to apply constant pressure where the bone fixation plates are used. Contact
pressure (compression) created by the bone fixation plate should improve the healing procedure
and reduce the micromotions that would rip apart the healing region. However, as it can be seen
in the load-displacement response (Figures 3 and 4), the fabricated bone fixation plates did not
exhibit superelasticity and a noticeable level of recoverable strain. Therefore, after validation of the
design, modeling, and fabrication procedure, we replaced the Ni50.1Ti powder used for the SLM
procedure with a more Ni-rich powder (Ni50.8Ti) to reduce the transformation temperatures and create
superelastic bone fixation plates. The next section discussed the details of the transition to superelastic
bone fixation plates.
5. Superelastic Stiffness-Modulated Bone Fixation Plates
In order to investigate the superelastic response of bone fixation plates, only bone fixation plates
with the most complex geometry (minimum thickness = 1.5 mm) and an extreme level of porosity (i.e.,
46%) was considered. To create a realistic geometry for the bone fixation plate, a 4-hole 1.5 mm thick
bone fixation plate as shown in Figure 5a was provided by Stryker (Kalamazoo, MI, USA). The plate
was then scanned using a micro computed tomography (micro-CT), and its CAD model was created
(Figure 5b). Using the same methodology explained earlier, the porosity (0.6 mm pore cells) and a
covering thin-wall structure (0.2 mm) added to the CAD model (Figure 5c,d). After creating the final
CAD model for the porous plate, by following the previous procedure, an FE model for simulating
the tensile behavior as well as an STL file for the SLM fabrications was created. In order to accurately
characterize the tensile behavior of the Ni50.8Ti bone fixation plates, standard tensile samples were
also designed and prepared for fabrication in addition to the bone fixation plates. Figure 6 shows the
fabricated bone fixation plates immediately after fabrication and before the support removal procedure.
Localized and overall thermomechanical behavior of the standard tensile coupon as well as the bone
fixation plates, is discussed in the next section.
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Figure 5. Preparation of a bone fixation plate with an extreme level of porosity and the realistic
geometry. (a) Conventionally fabricated Ti64 bone fixation plate with standard geometry used as the
reference, (b) reconstructed CAD through Micro CT, (c) porosity cell, and (d) porous bone fixation plate.
 
Figure 6. NiTi porous bone fixation plates and tensile samples fabricated via the SLM method.
5.1. Thermomechanical Behavior
DSC results, as well as the transformation temperatures of Ni-rich porous bone fixation plates,
standard dog-bone samples, and powder particles, are shown and reported in Figure 7 and Table 4,
respectively. For the porous plate, the DSC samples were cut from three different regions as shown
in Figure 6. Based on the location that the DSC samples were cut from, different transformation
temperatures were achieved. The transformation temperatures (TTs) variation can be explained by
the nature of the SLM process and the complex shape of the porous plates that resulted in different
thermal histories. The effect of different thermal histories during the SLM process can be compared
to different heat treatment procedures, which are performed on the final parts. As different heat
treatment procedures lead to different TTs, for instance, different thermal histories also can lead to
non-homogeneous microstructure [42] as a result, different TTs. This non-homogeneity and variation
in TTs variation indicate the necessity of the heat treatment as a post-processing procedure for the
as-fabricated samples for creating a homogeneous part. In this study, we did not optimize the heat
treatment procedure for the bone fixation plates. That will be studied at a later time.
Table 4. The transformation temperatures (TTs) of powder, dog-bone, and the porous samples.
Sample Ms (
◦C) Mf (◦C) As (◦C) Af (◦C)
Powder 10.2 −46.6 −16.9 33.1
Porous #1 12.89 −57.08 −15.82 33.85
Porous #2 0.62 −56.09 −15.53 22.35
Porous #3 2.34 −54.36 −18.72 17.74
Dog-bone 2.14 −60.06 −15.10 26.96
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Figure 7. The differential scanning calorimetry (DSC) results of the as-fabricated porous bone fixation
plate from three different locations, the dog bone sample, and Ni50.8Ti powder.
To measure the material properties of the fabricated Ni-rich bone fixation plates and updating the
FE model, two standard tensile samples were tested, and the results are shown in Figure 8. The first
sample was loaded up to the failure with a low strain rate (0.0001 S−1) to maintain the isothermal
condition. Based on the stress-strain plot of the first sample, a loading-unloading test on the second
sample was designed. The second sample was loaded up to the end of the plateau region (3% strain)
and then unloaded to zero loads. The transformation strain of 2.6% (81% of total strain) was achieved
for the as-fabricated part under tension. The material showed around 0.6% of irrecoverable strain that
could be a result of permanent strain (slip) or the locked-in detwinned martensite and can be recovered
by heating [43].
 
Figure 8. Stress–strain response of SLM dog-bone samples.
The mechanical properties of the as-fabricated material were reported in Table 5. The austenite
(EA) and martensite (EM) modulus of elasticity were captured from loading and unloading plots,
respectively. Followed by obtaining the material properties from the tensile samples, the Ni-rich bone
fixation plate was simulated under tensile loading and unloading. The as-fabricated Ni-rich bone
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fixation plates were then mechanically tested under the same boundary conditions. Figure 9 shows the
simulations as well as mechanical testing of the Ni-rich bone fixation plate.
Table 5. The mechanical properties of the standard tensile sample fabricated via SLM.
EA (GPa) EM (GPa) Critical Stress Start (MPa) Critical Stress Finish (MPa)
54 36 350 430
 
Figure 9. The load–displacement response of as-fabricated porous plate under tensile loading.
After inspection of the fabricated Ni-rich bone fixation plates, we observed a relative geometrical
difference between the fabricated part and the CAD model. The size had increased in comparison with
the previous case (i.e., the first series of bone fixation plates with larger dimensions). As reported by
others [27], as-fabricated SLM fabricated parts could exhibit a geometrical expansion that is related
to the laser width, melt pool diameter, and the fact that the part is surrounded by loose powder.
The geometrical expansion of SLM-fabricated parts has a more significant effect when the parts include
fine details that are close to the laser width. In the case of fabricating Ni-rich bone fixation plates
with the extreme geometrical features, the geometrical expansion led to a higher difference with
the simulations and the expected behavior. In addition, because of the fine features of the Ni-rich
bone fixation plates, a higher amount of un-melted powder was trapped in the pore cells that affect
the mechanical response and could affect their biocompatibility. Therefore, we have investigated a
chemical polishing method to remove the un-melted powder particles attached to the parts, while not
disturbing the fine geometries. This procedure is discussed in the next section. Eventually, the polished
bone fixation plate that showed 23% mass loss was mechanically tested, and the load–displacement
response is shown in Figure 9.
5.2. Chemical Polishing
Using the selective laser melting process, the complex geometries required for the bone fixation
plates can be accurately fabricated. However, the SLM process often results in un-melted powders
and other undesirable features that remain fused to the fabricated product. In order to remove the
un-melted powder and to add a smooth finish to the part to improve performance (e.g., mechanical,
cleaning, and sterilization reliability), a finishing process is required. Due to the complex geometries
and fine porous structure of Ni-rich implants, current mechanical finishing processes are not efficient.
They may damage the components and cannot reach fine internal features. Therefore, a chemical
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etching process was opted for. The chemical etching and finishing processes of additively manufactured
nickel–titanium components is not well researched. Therefore, a series of tests were undertaken in
order to better optimize the etching solution used for the bone fixation plates.
The tests consisted of two different etching solutions and three different times for submerging the
components within those solutions (Table 3). The samples were cleaned in water using an ultrasonic
bath for 5 min both before and after the chemical finishing process. Both solutions were composed of
hydrofluoric acid (HF), nitric acid (HNO3), and purified distilled water (H2O). It is known that the HF
in the etching solution act as a dissolvent while the HNO3 behaves as a passivator [44]. The distilled
water is used to dilute the solution in order to prevent excessively rapid corrosion/material loss.
The samples were submerged for 2 min, 4 min, and 6 min.
Figure 10 shows the results of the chemical etching process on the mass loss of the samples etched
the two trialed solutions. Three bone-plate was etched within the etching solution 1 while three others
were etched within the solution 2. The mass loss increased proportionally with the time for both
solutions. The results show that the second solution with reduced HF and increased HNO3, removed
material at nearly twice the rate of solution 1.
Figure 10. The percentage of mass loss versus time for two different etching solutions.
The effect of the etching procedure on the geometry, as well as the surface finish of the samples,
is reflected in the SEM images in Figure 11. As it can be seen in the “As-built” sample, excessive
un-melted powder is attached to the surface of the as-built sample and almost entirely covered the
pores. S1-2, S1-4, and S1-6 show the SEM images of samples etched with solution 1 with the different
durations of 2, 4, and 6 min. The un-melted powder was partially removed on S1-2. S1-4 and S1-6 that
were submerged for a long time showed the best result of the chemical polishing. In order to make
a more accurate comparison on the effect of chemical polishing, the distance between the pores was
measured and compared with the original distance on the CAD file. Based on this comparison, the size
and geometry of S1-2 had the most consistency with the original CAD model, and therefore it was
reported as the optimized polishing procedure. The polishing by solution 2 for 2 min (S2-2) was almost
good but still more than required. While the polishing with solution 2 for 4 and 6 min (S2-4 and S2-6)
was too aggressive and caused excessive degradation of the pore structures.
79





Figure 11. The SEM result of chemically polished porous plates under six different etching conditions.
5.3. Chemical Composition Analysis
Understanding the chemical composition of bone fixation plates is critical. Since this is a medical
implant, strict controls are required to ensure biocompatibility (i.e., lack of toxicity). Analyzing and
accounting for any precipitates or ion formation due to the additive manufacturing process is, therefore,
a necessity. The results for our chemical analysis of these bone fixation plates is displayed in Table 6.
The elements analyzed were carbon (C), hydrogen (H), oxygen (O), nitrogen (N), nickel (Ni), cobalt
(Co), copper (Cu), chromium (Cr), iron (Fe), niobium (Nb), and titanium (Ti). The composition analysis
is compared with the allowable values of nickel–titanium shape memory alloys for medical devices
and surgical implants, as described in ASTM F 2063 [45]. The results show that the AM Nitinol
compositions were within expected parameters with respect to total weight percentage. However,
the nitrogen plus oxygen level was slightly above the acceptable ASTM requirement at this stage in
our work. The cobalt, copper, chromium, nitrogen, carbon, hydrogen, and niobium were not present in
a quantity sufficient to alter the predicted mechanical performance. Ratios of iron and oxygen were
also low and do not present an obstacle to the performance and safety of these bone fixation plates.
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Table 6. The results of the chemical composition analysis.











Nitrogen + Oxygen <0.063 <0.050
Titanium Balance Balance
6. Conclusions
The porous stiffness-modulated NiTi bone fixation plates with different levels of stiffness were
designed and modeled via a FE analysis. It was shown that specific levels of stiffness could be achieved
by introducing engineered levels of porosity to the bulk plate, and the mechanical properties can be
captured using the properties of standard coupons. Due to the complex geometry of porous bone
fixation plates, the SLM technique was employed to fabricate the NiTi plate. This methodology can
be applied to complex geometries and plates as thin as 1.5 mm. The as-fabricated parts were tested
mechanically, and the experimental results were in a good agreement with the FE model. After
modeling verification and confirming the design methodology, Ni-rich bone fixation plates were
fabricated to achieve superelastic behavior. The DSC results of the porous Ni-rich bone fixation plate
showed a small variation in TTs of different locations of the plates. Various thermal histories that
the parts experienced during the SLM process were the main reason for the variation in TTs. Two
tensile samples using Ni-rich powder were fabricated along with Ni-rich bone fixation plates and
tested to measure the mechanical properties used for FE modeling. The as-fabricated porous Ni-rich
bone-plate fixation was tested and the predicted superelastic behavior was achieved. In order to test
methods to remove un-melted powder particles from the surface following AM, the bone-plates were
chemically polished under six different conditions. SEM analysis revealed that an etching solution
with a composition of HF (10%), HNO3 (40%), H2O (50%), and the effective time of 4 min, was the
optimal etching solution to remove un-melted powder particles. The chemical composition analysis of
our Ni-rich SLM bone fixation plates confirmed that the composition was in a good agreement with
the ASTM 2063 requirements.
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Abstract: Mg alloy is suitable for biomedical implants as the mechanical properties of Mg are close
to those of human bone. Ca is a major element in bone and Zr has a great grain refinement effect.
Hence, we developed Mg-1Ca-0.5Zr alloy (XK105) as a biodegradable biomaterial and investigated
its mechanical properties and surface corrosion mechanism. The results showed that heat treatment
made the secondary phase homogeneous. Tensile tests showed that the heat treatment increased
ductility, and that the tensile stress results in the extrusion direction showed better ductility than that
in the transverse direction because of the fiber texture and extrusion characteristics. Electrochemistry
test results showed that XK105 after heat treatment had a lower corrosion rate than that before
heat treatment and that of pure Mg. XK105 after heat treatment formed a calcium phosphate layer
after immersion in simulated body fluid; this layer protects Mg from corrosion. Surface roughening
treatment increased corrosion because pits on the surface promoted pitting corrosion. This study
developed Mg-1Ca-0.5Zr alloy as a biomedical implant material. The results can be used as a reference
for the biomedical material industry.
Keywords: Mg-Ca-Zr; mechanical properties; erosion; corrosion
1. Introduction
Common biomedical implant materials include metals, polymers, and ceramics. Metal-based
biomedical materials have better mechanical properties than those of polymers and ceramics [1] and
are thus much more widely used in practical applications. Common metal-based biomedical materials
such as stainless steel [2], Ti alloys [3], and Co-based alloys [4] have elastic moduli that are very
different from that of human bone. This leads to a stress shielding effect, which makes new bone
tissues lack stimulation during growth and leads to insufficient recovery of bone strength [5]. Another
disadvantage of common metal-based biomedical materials is their non-degradability [6]; they must
be removed in a second operation after the affected area has recovered.
In view of these issues, Mg alloys have been developed as next-generation biomedical materials [7].
Mg alloys have several advantages as biomaterials. Mg is an essential mineral nutrient, so it has
good biosafety [8]. Mg alloys have biomechanical properties similar to those of human bone, which
can avoid stress shielding effects and improve the strength of bone tissue after healing [9]. Mg is
degradable in vivo, and when used for short-term implants, it does not need to be removed in a second
operation [10]. The products produced by the degradation of Mg in vivo can be excreted through the
kidney [11]. Mg alloy combines well with surrounding bone tissues after degradation and accelerates
the formation of biological calcium phosphate [12]. Mg alloys can stimulate the differentiation and
growth of osteoblasts and promote bone tissue production [13].
The concentration of chloride ions in the human body is as high as 150 mmol/L, making the
degradation of pure Mg very fast [14]. Such a fast degradation rate may cause slow recovery of the
Metals 2019, 9, 857; doi:10.3390/met9080857 www.mdpi.com/journal/metals85
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affected area and even lead to tissue necrosis [15]. Adding other metallic elements to form Mg alloys
can solve this issue. Mg-Ca alloys have become a focus in the development of Mg-based biomedical
materials [16] because Ca is not only harmless to the human body, but also an important component
that makes up bone [17]. The Ca ions released during degradation help the healing of bone tissue [18].
Adding Ca to Mg alloys can enhance their mechanical properties through grain refinement and solid
solution strengthening [19]. However, if the Ca content is excessive, a large amount of Mg2Ca will
be precipitated, decreasing mechanical properties and corrosion resistance [20]. Mg2Ca has a lower
corrosion potential than that of the Mg base, so it is preferentially corroded as a sacrificial anode and
can thus increase the corrosion resistance of the Mg base [21]. However, in excess amounts, Mg2Ca
forms a continuous network structure at the grain boundary, causing cracks [22]. According to previous
studies, Mg alloy with 1 wt.% Ca has good mechanical properties and corrosion resistance [23]. Both
Zr and Mg are hexagonal close-packed (HCP) structures and the two elements have very similar
lattice constants, so adding Zr to Mg alloy can refine grains and improve mechanical properties [24,25].
However, in excess amounts, Zr aggregates into particles larger than 5 μm and reduces the corrosion
resistance of Mg alloys [26]. The casting Mg-Ca-Zr alloy has better tensile strength and elongation
than Mg-Ca alloy at all Ca content ratios [27]. Heat treatment is important for Mg alloys in application.
The temperature of post heat treatment is generally around 380–420 ◦C for 6–12 h [28,29] to achieve the
best mechanical properties. For a novel Mg alloy, the heat treatment conditions should be suggested in
this range.
In this study, the Mg alloy Mg-1Ca-0.5Zr (98.5 wt.% Mg, 1 wt.% Ca, and 0.5 wt.% Zr) is subjected
to heat treatment to homogenize and stabilize its material properties. The heat treatment condition was
400 ◦C for 8 h at atmosphere which followed the common condition of Mg-Ca alloy [28]. A series of
experiments were conducted to evaluate the feasibility of Mg-1Ca-0.5Zr alloy as a biomedical implant
material. The results can be used as a reference for the biomedical material industry.
2. Material and Methods
Mg-1Ca-0.5Zr was produced in a smelting furnace. A 99.9 wt.% pure Mg block was placed in a
stainless-steel bowl and heated to 700 ◦C until the Mg block had completely melted into a liquid state.
Then, Mg-20Ca and Mg-33Zr blocks were placed into the molten Mg. After the alloy blocks had melted
completely, the molten alloy was poured into a mold and allowed to cool in air to room temperature.
For all casting, argon was used as a protective gas. The casting product, Mg-1Ca-0.5Zr alloy, is denoted
as XK105 following the ASTM (American Society for Testing and Materials) naming convention.
For experiments, we processed XK105 into an extruded sheet, denoted as XK105-F. To enhance the
mechanical properties, XK105 was subjected to heat treatment at 400 ◦C for 8 h in an air furnace.
To decrease the formation of the crystalline phase, the alloy was water-quenched after heat treatment.
The heat-treated XK105 is denoted XK105-H.
For microstructural observation, epoxy was used to cold-mount and embed XK105-F and XK105-
H. The samples were then polished using 1 and 0.3 μm aluminum oxide powder. After polishing, the
samples were corroded using a solution of 4.2 g of picric acid, 10 mL of acetic acid, and 90 mL of ethanol.
The microstructure was observed using light microscopy (LM) (ZEISS, Oberkochen, Germany) and
scanning electron microscopy (SEM) (HITACHI, Tokyo, Japan). Energy-dispersive X-ray spectrometry
(EDS) was used for elemental composition semi-quantitative analysis.
This study used tensile tests to determine the tensile strength of the extruded profiles of XK105
and the mechanical properties after heat treatment. Three specimens of XK105-F were taken along the
extrusion direction (ED) and the transverse direction (TD). After the samples were cut to an appropriate
size, they were punched into a fixed size using a punch press. A stretching test was conducted with
an initial strain rate of 8.3 × 10−4 s−1 at room temperature. We used SEM and EDS to investigate the
stretch-breaking behavior.
An erosion wear test was conducted using XK105-F and XK105-H. A particle spray tester
(Chun Yen Testing Machines Co., Taichung, Taiwan) was used for erosion wear and surface roughening.
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The environmental conditions in the erosion wear test were room temperature and a relative humidity
of 50% to 70%. The erosion particles were Al2O3 (average diameter: 150 μm) and SiO2 (average
diameter: 295 μm), and the erosion angle was 15◦ to 90◦. The particle rate of erosion was 1.2 g/s, and
the pressure was set to 3 kg/cm2 (0.29 MPa). The average jet rate of Al2O3 was calculated as 73 m/s,
and that of SiO2 was 66 m/s. Surface roughening treatment was conducted at erosion angles of 15◦, 45◦,
and 90◦. After surface roughening, the samples were observed using LM and SEM.
A potentiodynamic polarization test was conducted using pure Mg, XK105-F, and XK105-H
samples. In the test, a three-electrode system was used to obtain the polarization curve. The reference
electrode was a saturated calomel electrode (SCE), the salt bridge was saturated KCl solution, and the
auxiliary electrode was a platinum electrode. The specimens were embedded in epoxy resin and then
carefully ground. The employed electrolyte was a revised simulated body fluid (R-SBF) solution [30],
which has ion composition and concentration similar to those of human blood plasma. The scan rate in
the polarization test was 1 mV/s, from −2.2 to −1.2 V, and a constant temperature of 37 ◦C was used.
The polarization curve has a linear Tafel region around the corrosion potential. The corrosion current
can be obtained from the anodization curves using the extrapolation method.




where m1 is the mass after immersion, m0 is the mass before immersion, A is the total surface area of
the sample, and T is the immersion time. The immersion solution was R-SBF. XK105-H and surface-
roughened XK105-H sampled were immersed in R-SBF for 1, 3, and 7 days at a constant temperature
of 37 ◦C.
3. Results and Discussion
3.1. Metallographic Analysis
Figure 1a,b respectively show metallographic images of XK105-F and XK105-H observed using
LM. Crystal phases appear along ED for XK105-F. The crystal phases of XK105-H were not along ED.
This indicates that heat treatment made the crystal phases dissolve into the matrix, homogenizing
the material. The grains were subjected to dynamic recrystallization during extrusion, and thus




Figure 1. Light microscopy (LM) microstructural images. (a) XK105-F and (b) XK105-H.
SEM observation was conducted to verify the secondary phases of XK105. A Ca-rich crystal phase
can be seen in Figure 2a; the phase was identified as Mg2Ca [31]. Most of the Mg2Ca phase was along
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ED. A Zr-rich phase can be seen in Figure 2b; the phase was identified as pure Zr particles which
accumulated at grains [32].
 
Figure 2. Secondary phase analysis of XK105-F using scanning electron microscopy (SEM) and
energy-dispersive X-ray spectrometry (EDS). (a) Mg2Ca and (b) Zr particles.
3.2. Tensile Properties and Fracture Morphology
Figure 3 and Figure 4 respectively show the tensile stress-strain curve and tensile stress of XK105.
The tensile stress of XK105-F along TD is about 220 MPa. According to reference [33], the tensile stress
along TD of pure Mg was 173 MPa, and which of Mg-0.1Ca was 180 MPa. The tensile stress of human
bone is about 150 MPa. XK105 thus has sufficient tensile strength to apply to stress load in the human
body. The yield stress of XK105-F along TD was about 180 MPa, which of pure Mg was 103 MPa and
which of Mg-0.1Ca was 92 MPa [33]. The results showed the adding Zr can improve the tensile strength
effectively. Figure 5 shows the elongation of XK105. The elongation was about 4–8% and was caused
by the addition of Ca [34]. Elongation increased after heat treatment because of the homogenization
of textures and the solid solution of the secondary phases. Figure 6 shows the Young’s modulus of
XK105. The value is about 35–55 GPa; it increased after heat treatment because the Ca atoms dissolved
into the matrix and changed the lattice. Although the Young’s modulus of XK105 is much higher than
that of human bone (3–20 GPa), it has greater similarity compared to other medical implant materials.
The tensile strength along TD is higher than that along ED. The XRD pattern (Figure 7) shows that
the mean peak along ED was (1011). This is due to the HCP crystals slipping along ED, which led
to a small angle between the (0001) plane and ED. When the tensile strength transferred toward ED,
the dislocations more easily slipped compared to that toward TD. Therefore, the elongation of XK105
along ED was higher but the tensile stress was lower compared to those along TD.
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Figure 3. Tensile stress-strain curves of XK105. (H-ED: extrusion direction of XK105-H; H-TD: transverse
direction of XK105-H; F-ED: extrusion of XK105-F; F-TD: transverse of XK105-F).
Figure 4. Tensile stress analysis of XK105 (YS: yield stress; UTS: ultimate tensile stress).
Figure 5. Elongation analysis of XK105 (UE: uniform elongation; TE: total elongation).
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Figure 6. Young’s modulus of XK105. (H-ED: extrusion direction of XK105-H; H-TD: transverse
direction of XK105-H; F-ED: extrusion of XK105-F; F-TD: transverse of XK105-F).
Figure 7. Texture analysis of XK105-H. (a) XRD patterns of XK105-H on ED and TD planes and
(b) illustration of dislocation slip.
Figure 8a,b shows the tensile fracture morphology of XK105-H on the ED plane. Dimples can be
observed on the fracture surface. Mg2Ca, which did not dissolve into the matrix, appears inside the
dimples. Figure 8c,d shows the tensile fracture morphology of XK105-H on the TD plane. Thin wall
structures can be observed. These structures are cleavages of brittle failure.
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Figure 8. Tensile fracture morphology of XK105-H observed by SEM. Fracture surface on (a,b) ED
plane and (c,d) TD plane.
3.3. Fracture Toughness
Medical implants easily deform when subjected to a stress impact. The fracture toughness of
XK105 is thus an important property. Figure 9 shows the fracture toughness of XK105. The fracture
toughness was lower when the stress was applied toward TD. There is a non-plane strain of XK105,
and it showed that the thickness of material was not thick enough to fracture as a plane strain. LM
observations indicate that the fracture cracks had more bending along ED than TD, as shown in
Figure 10a,c. The cracks thus required more energy to spread, so the toughness of the sample along
ED was higher than that along TD. Figure 10b,d show the fracture surface of XK105-H. A smoother
fracture surface, which resulted from brittle fracture on the TD plane, can be observed. Therefore,
toughness on the TD plane was lower than that on the ED plane. Figure 11 shows the secondary surface
morphology and fracture mechanism. The end of the crack on the ED plane has a branch morphology;
the branching of that on the TD plane is not obvious. This was caused by the brittle secondary phase
easily cracking when subjected to stress; the cracks spread along TD while tensile stress was applied
along ED. The density of the secondary phase was thus lower on the crack-spreading path. Therefore,
the cracks on the ED plane easily branched and had much longer spreading paths than those of cracks
on the TD plane.
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Figure 9. Fracture toughness results for XK105. (H-ED: extrusion direction of XK105-H; H-TD:
transverse direction of XK105-H; F-ED: extrusion of XK105-F; F-TD: transverse of XK105-F).
 
Figure 10. Crack morphology of XK105-H after fracture toughness test. (a) LM image on ED plane,
(b) SEM image on ED plane, (c) LM image on TD plane, and (d) SEM image on TD plane.
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Figure 11. Fracture mechanism of XK105-H. (a) LM secondary surface morphology on ED plane,
(b) fracture mechanism illustration for ED plane, (c) LM secondary surface morphology on TD plane,
and (d) fracture mechanism illustration for TD plane.
3.4. Erosion Properties and Surface Roughness
Figure 12 shows the relationship between erosion rate and erosion angle. For both Al2O3 or SiO2,
the angle for the highest erosion rate changed from 45◦ to 30◦ after heat treatment. This shows that
XK105 had lower hardness and higher ductility after heat treatment. The erosion rate obtained with
Al2O3 particles was higher than that obtained with SiO2 due to the higher hardness of Al2O3.
Figure 12. Erosion rate of XK105-F and XK105-H.
Figure 13 shows the surface roughness after the erosion test. The roughness obtained with Al2O3
and SiO2 was similar. The highest and lowest roughness was obtained with erosion angles of 90◦ and
15◦, respectively. The measurement of these erosion properties could be applied to later experiments to
clarify the relationship between anti-corrosion ability and surface roughness. This will have a benefit
of increasing the bioreactivity for medical applications.
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Figure 13. Surface roughness of XK105-H after erosion test.
3.5. Potentiodynamic Polarization Test
The potentiodynamic polarization test was used to analyze the corrosion rate of XK105 in
simulated body fluid. Surface roughening treatment can effectively increase cell adhesion [35].
Therefore, in this study, surface roughen treatment using the particle erosion wear method was
applied. The potentiodynamic polarization test was conducted to determine anti-corrosion ability.
The electrochemical properties of XK105 calculated from the potentiodynamic polarization test results
are shown in Table 1. The results show that heat treatment improved the anti-corrosion property
of XK105, making it better than that of pure Mg. This was due to Mg2Ca being dissolved into the
matrix during heat treatment, and the effect of galvanic corrosion becoming inactive, which reduced
the corrosion current and potential. The potentiodynamic polarization curve is shown in Figure 14.
The reduction rate of XK105-F is lower than that of pure Mg. XK105-H had the lowest reduction
rate. The low reduction rate represents the low formation rate of H2, which is harmless to the human
body. The curves of XK105-F and XK105-H show passivation at a corrosion potential of less than
−1.5 V. Passivation was caused by the added Ca, which formed a stable passivation layer to restrain
the corrosion compared to pure Mg [36].
Figure 14. Potentiodynamic polarization curve of XK105. (a) Comparison of XK105-F, XK105-H, and
pure Mg and (b) comparison of XK105-H before and after erosion test by SiO2 particles with erosion
angle of 90◦.
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Table 1. Electrochemical properties of XK105 and pure Mg.
Sample Pure Mg XK105-F XK105-H
Ecorr (V) −1.601 −1.971 −1.786
Icorr (A) 3.69 × 10−5 1.13 × 10−4 3.85 × 10−6
For surface roughening, 90◦ SiO2 erosion created higher roughness. The electrochemical properties
of surface-roughened XK105 are shown in Table 2. The corrosion current was higher after surface
roughening treatment. The surface roughening increased the surface area of the material, increasing
the corrosion rate [37]. The surface-roughened XK105 did not show passivation around −1.5 V in the
potentiodynamic polarization curve because the rough surface made the passivation layer easily peel
off after formation.
Table 2. Electrochemical properties of heat treated and surface-roughened XK105.
Sample XK105-H SiO2-90
◦
Ecorr (V) −1.786 −1.485
Icorr (A) 3.85 × 10−6 5.85 × 10−4
3.6. Immersion Test
To understand the surface corrosion mechanism and quantify the corrosion rate of materials,
this study subjected XK105-H and surface-roughened XK105 to an immersion test. The results of the
immersion test are shown in Figure 15. The corrosion rate after surface roughening treatment increased
greatly, and the corrosion rate of XK105-H was lower than that of pure Mg. The corrosion rate of
XK105-H after three days decreased and became stable. This was due to the formation of a surface
passivation layer, which restrained the corrosion effect. The phenomenon in which the corrosion rate
decreased after three days of surface-roughened XK105 was not obvious relatively, because it did not
have a passivation layer.
Figure 15. Corrosion rate in immersion test (a) XK105-H and pure Mg and (b) surface-
roughened XK105-H.
Figure 16 shows the secondary surface of XK105-H and surface-roughened XK105 during the
immersion test. XK105-H maintained the integrity of its macroscopic morphology, whereas the surface-
roughened XK105 showed pitting corrosion after one day of immersion. The main corrosion mechanism
of Mg alloy was pitting corrosion when immersed in R-SBF [30]. The surface roughening treatment
created a lot of pits on the surface of the material. These pits promoted pitting corrosion, and thus
weight loss due to corrosion was observed on the 7th day of immersion.
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Figure 16. Cross-sectional observation of roughened surface during immersion test.
In Figure 17a, a calcium phosphate layer can be observed on the XK105-H surface after immersion.
This layer protected the material against corrosion. Calcium phosphate is the main component of
human bone, so this layer could help heal the affected area [38]. In contrast, there was a thick cover
layer on the surface of the surface-roughened XK105, as shown in Figure 17b. The cover compound
was Mg hydroxide which does not have a healing effect. The formation of calcium phosphate requires
a suitable hydroxide ion group to react with [39]. The degradation rate of surface- roughened XK105
was too fast for calcium phosphate to form; instead, Mg hydroxide formed.
Figure 17. SEM images and EDS analysis of immersed surface. (a) XK105-H and (b) surface-
roughened XK105-H.
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To summarize the above results, Mg-1Ca-0.5Zr biomedical alloy has a suitable degradation
rate and good mechanical strength. The surface roughness can help control the degradation rate.
Mg-1Ca-0.5Zr can thus be applied for biomedical implants. A summary is shown in Figure 18.
 
Figure 18. Summary of Mg-1Ca-0.5Zr biomedical implants.
4. Conclusions
(1) The brittle Mg2Ca phase of the XK105 solid dissolved into the matrix after heat treatment.
This made the texture uniform and increased both elongation and fracture toughness. The Young’s
modulus of XK105 increased after heat treatment because of the solid solution of Ca atoms.
(2) The TD plane of XK105 had higher strength but lower elongation than those of the ED plane
because of the texture effects in which the grain slip was hard to start up on the ED plane.
The fracture toughness along ED was better than that along TD because the crack-spreading
direction was parallel to the arrangement direction of the secondary phase.
(3) The heat treatment of XK105 reduced galvanic corrosion due to the solid solution, and further
improved anti-corrosion ability. The surface-roughened XK105 had a larger surface area, which
enhanced the corrosion reaction.
(4) A calcium phosphate layer formed during corrosion on the XK105-H surface, significantly
reducing the corrosion rate. The surface-roughened XK105 formed magnesium hydroxide instead
because of its faster corrosion rate. The magnesium hydroxide did not provide a protective effect.
(5) This study developed a biomedical implant material, Mg-1Ca-0.5Zr alloy. The results can be used
as a reference for the biomedical material industry.
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Abstract: Metallic taper junctions of modular total hip replacement implants are analysed for
corrosion damage using visual scoring based on different granularity levels that span from analysing
the taper holistically to dividing the taper into several distinct zones. This study aims to objectively
explore the spatial distribution and the severity of corrosion damage onto the surface of metallic
stem tapers. An ordinal logistic regression model was developed to find the odds of receiving
a higher score at eight distinct zones of 137 retrieved stem tapers. A method to find the order of
damage severity across the eight zones is introduced based on an overall test of statistical significance.
The findings show that corrosion at the stem tapers occurred more commonly in the distal region in
comparison with the proximal region. Also, the medial distal zone was found to possess the most
severe corrosion damage among all the studied eight zones.
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1. Introduction
Despite the clinical benefits of modularity in total hip replacement (THR) implants, modular
interfaces such as head-neck taper junction sustain mechanically assisted crevice corrosion due to
relative micro-motions at the metallic interface and also the presence of corrosive body fluid [1,2].
Previous studies [3–5] have reported that the solid and soluble wear debris and corrosion
products released from the head-neck junction may elicit untoward host body reactions such as
osteolysis, peri-prosthetic fracture, and metallosis. Depending on the intensity of these postoperative
complications, revision surgeries may be needed to replace failed prostheses.
Through large-scale retrieval studies, the surface damage sustained by retrieved implants is
assessed, and possible associations between several implant/patients factors and the extent/location
of the damage are investigated. The severity of the damage is quantified by using visual scoring
methods [6,7]. To date, many studies have applied these methods (with or without modifications) to
various modular junctions [7–10]. Upon scoring the damage, each study employs a causal-explanatory
statistical modelling to investigate the effect of a particular set of factors (predictors) on the
damage score.
In the head-neck junction, stems have a tapered geometry which can be divided into several
zones (e.g., anterior, medial, posterior, and lateral quadrants). A deeper level of score granularity
can provide more details about the severity and spatial distribution of damage. Distribution of the
corrosion damage over the distinct zones of tapers has been investigated by a limited number of
studies [8,11–19].
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The number of zones scored at stem tapers has seldom gone beyond four (anterior, medial,
posterior, and lateral quadrants). One reason for that could be the complexity of conducting pairwise
comparisons within the groups of zone factor. With four zones, six combinations (order disregarded)
would be required. If it is desired to consider the distal and proximal regions of each quadrant as
well, 28 (i.e., 8!
(8−2)!×2! ) pairwise comparisons would be required to investigate the damage thoroughly.
The studies that scored the distal and proximal regions separately have observed different damage
patterns within these regions [15,18,19]. Therefore, it is necessary to look at stem taper zones with
a higher level of granularity in order to explore whether any significant difference exists between the
distal and proximal regions of the quadrants.
This study introduces a method for addressing this gap. Using this approach, eight individual
corrosion scores are assigned to eight distinct zones of each metallic stem taper. Next, an ordinal
logistic regression (OLR) model is used to quantitatively compare the severity of corrosion damage at
these eight zones.
2. Materials and Methods
2.1. Retrieved Implants Information
This study was approved by the Southern Adelaide Clinical Human Research Ethics Committee
(Reference No. 485.13); 137 total hip replacement implants retrieved between 1995 and 2015 at the
Royal Adelaide Hospital (RAH), Adelaide, Australia were selected. The selection was limited to
include only detached head-neck junctions so that the stem tapers were accessible for assessment.
The retrieved implants had been disinfected by immersing in 70% ethanol for four days followed
by a 4% Biogram solution (polyphenolic disinfectant and detergent with 18% phenol) for 48–72 h.
Biologic debris (blood or proteinaceous films) had been removed using a cotton bud without abrasion.
The stem tapers, selected for this research, were further cleaned with acetone followed by a gentle wipe
with a soft nylon brush. Eleven implant/patient factors were retrieved from Our Patient Management
and Outcomes Database (OPMOD) of the RAH. Table 1 provides the demography of these categorical
and continuous factors. The missing information associated with each factor supplements the quantity
of each factor to add up to 137. This study only looks at the distribution and severity of corrosion.
Therefore, the missing patient and implant information did not pose any concern.
Table 1. Demographics of the selected retrievals for this study.
Predictor Quantity (% Frequency) Median Range
Head Material
CoCr 60 (43.8)
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Table 1. Cont.
Predictor Quantity (% Frequency) Median Range
6◦ 8 (5.8)
C-TAPER 8 (5.8)






Head Diameter (mm) 28 22–55
Time to Revision (year) 6 0–35
Weight (kg) 77 51–178
Age at Primary (year) 63.5 22–85
2.2. Visual Assessment of Corrosion Damage
The Goldberg’s scoring method [7] was used to inspect and rate corrosion on the stem tapers
(Table 2). Based on this method, eight distinct zones of the retrieved stem tapers were scored
individually. Fretting wear was not scored because it has been reported by several studies that
fretting may be masked by corrosion damage; and therefore, hard to visually identify [14,15,19,20].
Table 2. Visual criteria for scoring corrion damage.
Score Visual Criteria
1 (None) No Visible Corrosion
2 (Mild) <30% Surface Discoloured/Dull
3 (Moderate) >30% Surface Discoloured/Dull or <10% Containing Black Debris, Pits or Etch Marks
4 (Severe) >10% of Surface Containing Black Debris, Pits, or Etch Marks
Also, it is thought that the severity of fretting in Goldberg’s method cannot be measured
consistently because the pitch of the machined threads over the taper surface varies among different
stem designs [14,21]. Lastly, fretting scars can be mixed up with scratches caused by attaching or
detaching the head intraoperatively [7,12,21].
In order to have a consistent scoring, one trained investigator (RM) evaluated the damage.
The stem tapers were visually scored twice in a random order. Each stem taper was photographed
and eight zones (posterior-distal (PD), posterior-proximal (PP), medial-distal (MD), medial-proximal
(MP), anterior-distal (AD), anterior-proximal (AP), lateral-distal (LD), and lateral-proximal (LP))
were identified according to our previous study [22]. Figure 1 displays an exemplary taper for each
score level.
Figure 1. Corrosion damage scores of 1 through 4 for stem tapers.
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2.3. Statistical Analysis
In this study, SPSS (version 25) was used for the statistical analysis and a p-value of <0.05 was
determined as the level of statistical significance. Weighted kappa (κW) with quadratic weights was
run to determine the single-observer repeatability of the corrosion scores. A confusion matrix was
established to quantify the disagreements. For quadratic weights, the further away a disagreement
was from the perfect agreement, the more harshly that disagreement is considered. The strength of
agreement based on the magnitude of the weighted kappa (κW) was interpreted according to the
guideline reported in Landis et al. [23].
Having an ordinal dependent variable (DV) as the response, OLR was employed to capture
the ordered nature of the DV levels. The OLR model in this study uses cumulative logits. Selection
of cumulative logits against other models (e.g., adjacent or continuation categories) was due to the
interest of this study to use the entire response scale regardless of the score level.
Consequently, the cumulative odds OLR came with proportional odds constraint to ensure the
regression lines across the DV levels are parallel. This OLR model divides the categories of the ordinal
DV to run cumulative logits, as demonstrated in Table 3.
Table 3. An ordinal dependent variable (DV) with four levels giving three cumulative probabilities
and consequently logits.
Binomial Regression Event Category Non-Event Categories
1
Probability (score ≤ 1) Probability (score > 1)
“none” “mild”, “moderate”, and “severe”
2
Probability (score ≤ 2) Probability (score > 2)
“none” and “mild” “moderate” and “severe”
3
Probability (score ≤ 3) Probability (score > 3)
“none”, “mild”, and
“moderate” “severe”
With a four-level DV, this OLR model outputs three binomial logistic regressions, according
to Equations (1)–(3) that predict the probability of being classified into the ‘lower’ categories




















2.3.1. The Ordinal Logistic Regression (OLR) Assumptions
Before deploying an OLR model, four assumptions (constraints) needed to be considered to ensure
the validity of the results. The first assumption mandates the DV (visual scores) having an ordinal
level of measurement which is valid here. Under the second assumption, there should be at least one
independent variable (IV) that is continuous, ordinal or categorical (including dichotomous variables)
which is valid as well.
The other two assumptions are related to the characteristics of the data. The third assumption
mandates no multi-collinearity between the IVs. It was implemented by incorporating collinearity
diagnostic under linear regression which returns the variance of inflation factor (VIF). VIF indicates to
what extent a particular IV contributes to multi-collinearity issues within the dataset. In this study,
VIF values beyond 10 were considered as having multi-collinearity as a rule of thumb.
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The fourth assumption checks for having proportional odds. Here, the test of parallel lines was
used to compare the fit of the proportional odds model to a model with varying slope coefficients.
It was desired not to reject the null hypothesis that states the slope coefficients are the same across the
three cumulative regression models. If true, the effect of each IV will be identical at each cumulative
logit which is desired here.
2.3.2. Overall Parameter Estimates
As pointed out earlier, the type of OLR model used in this study produces an equation for each
cumulative logit. As there are four categories of the DV, three cumulative logits (Equations (1)–(3))
are expected. Also, the assumption of proportional odds constrains the slope coefficients to be the
same for all the three equations, so it is just going to be the thresholds that may vary between the
three equations.
Since changes in log odds do not have much intuitive meaning, the ratio of the odds between any
two categories or a unit change in a numerical IV is reported. The odds ratio (OR) was calculated as
the exponential of the log odds of the slope coefficient. Also, the 95% confidence intervals of the OR
and the significance levels are reported.
Unlike the numerical and dichotomous IVs, zone, as a polytomous IV, demands additional
calculations to complete an overall test of statistical significance. To exhaust the entire pairwise
comparison of the categories, one category was taken as the reference, and the rest were compared
with that as primary categories. In each significance test, each zone had to be recoded into a new
variable with the desirable reference category being coded as the last category (highest level).
3. Results
For the assessment of intra-observer repeatability, the weighted kappa (κW) with quadratic
weights indicated a statistically significant agreement, κW = 0.64 (95% CI, 0.59 to 0.69), p < 0.001
between the two sets of scores. According to [23], the strength of the agreement was classified as
good. Before using the OLR model, preliminary data analysis was carried out by looking at frequency
histograms of the scores in different zones. Using various bin sizes and definitions, a number of
different histograms were generated to graphically summaries the distribution of scores across the
eight taper zones.
3.1. Distribution of Corrosion Scores
Visual scoring of the 137 stem tapers across the eight zones resulted in 1096 corrosion scores.
Table 4 summarizes the frequency of each score level. Score level 2 had the highest quantity (512) while
the lowest quantity (51) belonged to score level 4.






Figure 2 illustrates the distribution of the corrosion scores at each zone. This figure can be used
to compare the variability of each score level across the eight zones. The values are the percentage
of each score out of 137 in every zone (the percentages in each zone add up to 100%). Score levels 1
through 4 stood in the first place at zones PP, AD, MD, and MP, respectively.
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Figure 2. Distribution of corrosion score levels across the entire eight stem taper zones of the
137 retrieved implants.
Considering the unbalanced score levels, the first two score levels that are higher in quantity
(i.e., 359 and 512) always show higher percentages compared with score levels 3 and 4 within
each zone.
To better compare the severity of damage across the zones, two more configurations of scores
(by combining the original score levels) were also explored. The first configuration groups the first and
the last two score levels into low and high groups, respectively. Figure 3 visualizes this configuration
and compares each score group across the eight zones.
 
Figure 3. The quantity of the double score levels at each zone (scores 1 and 2 versus scores 3 and
4 combined).
As expected, the low score group which comprises (359 + 512) scores has a higher frequency
compared with the high score group (174 + 51). This configuration can better show which zones
have more severe corrosion damage (for example, MD and LD zones). Also, at zones MD and PP,
the smallest and largest gaps between these two combined score levels were observed.
The third configuration preserves score level 1 and combines the other three score levels to form
two new score groups of intact and corroded stem tapers. Figure 4 illustrates the frequencies of these
two score groups.
The medial distal zone had the largest difference between these two score groups which confirms
that this particular zone is most damaged. Also, the posterior-proximal zone had the smallest difference
between the two score groups (thus least damaged). As a key finding, the distal regions of the four
quadrants showed more corrosion damage compared with the proximal regions.
These finding from the histogram can shed light on the likely outcome of the OLR model.
In particular, when the number of DV levels are higher, cumulative logits models may become
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infeasible. Histograms can determine which score levels are more important to be compared via using
other types of OLR models such as adjacent categories.
 
Figure 4. Distribution of corroded stem tapers against the intact group.
3.2. Comparison of Corrosion in the Zones
Cumulative odds OLR with proportional odds was employed to conduct pairwise comparisons
between the zones. First, it was established whether zone is statistically significant overall. From the
test of model performed on SPSS, zone was observed to be a statistically significant (p = 0.002) predictor
of corrosion scores in this univariate regression model.
Since no specific zone was preferential to investigate, 28 pairwise comparisons had to be
undertaken which incurred additional calculations to obtain the overall omnibus statistical test. Table 5
summarizes the OR, p-values, and confidence intervals. Significant OR values are highlighted in grey.
In this table, each zone has been used seven times either as the primary or reference (inside brackets)
group to exhaust the combinations. OR values below 1 indicate that for the primary category, the odds
of having a higher corrosion score is lower than that of the reference category.
Table 5. The odds of observing a higher corrosion score at a primary zone compared with
a reference zone.
Zone Pair OR p-Value CI (p < 0.05)
AD (AP) 1.493 0.077 0.957 2.329
AD (LD) 0.882 0.577 0.566 1.372
AD (LP) 1.365 0.169 0.876 2.128
AD (MD) 0.755 0.212 0.485 1.175
AD (MP) 1.524 0.063 0.977 2.378
AD (PD) 0.998 0.993 0.641 1.554
AD (PP) 1.634 0.031 1.047 2.551
AP (LD) 0.590 0.020 0.379 0.921
AP (LP) 0.914 0.693 0.586 1.427
AP (MD) 0.505 0.003 0.324 0.789
AP (MP) 1.021 0.928 0.654 1.594
AP (PD) 0.668 0.076 0.429 1.043
AP (PP) 1.094 0.692 0.701 1.709
LD (LP) 1.549 0.054 0.993 2.414
LD (MD) 0.856 0.490 0.550 1.331
LD (MP) 1.729 0.016 1.108 2.697
LD (PD) 1.132 0.583 0.727 1.762
LD (PP) 1.853 0.007 1.187 2.894
LP (MD) 0.553 0.009 0.355 0.862
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Table 5. Cont.
Zone Pair OR p-Value CI (p < 0.05)
LP (MP) 1.116 0.628 0.715 1.742
LP (PD) 0.731 0.167 0.469 1.140
LP (PP) 1.197 0.429 0.767 1.869
MD (MP) 2.019 0.002 1.294 3.152
MD (PD) 1.322 0.216 0.850 2.058
MD (PP) 2.165 0.001 1.386 3.382
MP (PD) 0.655 0.062 0.420 1.022
MP (PP) 1.072 0.760 0.686 1.675
PD (PP) 1.637 0.030 1.049 2.556
The reciprocal of odds ratios can be calculated to compare a reference group with a primary
group. To compare the severity of corrosion across the entire eight zones, the odds ratios were sorted
and plotted (Figure 5). The red and blue bars indicate the significant and insignificant OR values,
respectively. An OR equal to 1 indicates equal odds of observing a higher corrosion score at the primary
and reference zone groups. By moving away from unity, the odds ratios that are first insignificant later
on become significant. The speed by which this transition takes place is a function of the presumed
statistical significance level.
Figure 5. The 28 odds ratios sorted and colour-coded for 28 pairwise comparisons.
The severity of corrosion at each zone with respect to the other zones was assessed based on its
corresponding OR values. For each zone, Table 5 has provided seven OR values wherein that particular
zone appears as either primary or reference.
Table 6 sorts the eight zones from the least to the most severely damaged according to the value of
C1 + C2. This value quantifies how many times each zone had a higher likelihood of damage compared
with the other seven zones throughout the 28 pairwise comparisons. C1 indicates how many time
a particular zone, as the primary, had an OR value above 1, while C2 indicates how many times that
same zone, as the reference, had an OR value below 1. Therefore, both C1 and C2 reflects the frequency
of each zone appearing as more severely damaged with respect to the other zones.
Table 6. The frequency of each zone showing statistically significant odds ratio (OR).
Zone C1 C2 C1 + C2
Posterior Proximal (PP) 0 0 0
Medial Proximal (MP) 1 0 1
Anteriori Proximal (AP) 2 0 2
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Table 6. Cont.
Zone C1 C2 C1 + C2
Lateral Proximal (LP) 2 1 3
Anterior Distal (AD) 4 0 4
Posterior Distal (PD) 1 4 5
Lateral Distal (LD) 4 2 6
Medial Distal (MD) 3 4 7
Zones PP and MD were identified having the least and highest severity of corrosion. Interestingly,
proximal and distal regions were found to be grouping together in this table with the distal region
showing more damage compared with the proximal region across the four quadrants in the studied
stem tapers.
4. Discussion
Eight distinct zones of the stem tapers including anterior-distal, anterior-proximal, medial-distal,
medial-proximal, posterior-distal, posterior-proximal, lateral-distal, and lateral-proximal were scored
and statistically compared to identify the zone(s) with the most severe corrosion damage in the
retrieved implants studied in this work. It is noted that there are several studies in the literature that
chose to score stem tapers holistically, not locally [9,10,24–26].
Within the studies [11,12,15–19] that scored stem tapers locally, the pools of implants had a limited
diversity in terms of implant properties (e.g., head diameter, articulation type, and stem design).
Therefore, it was deemed necessary to explore whether a similar distribution of corrosion damage can
be seen in a more heterogeneous pool of implants.
To the best of our knowledge, there are only two studies [18,19] in the literature that, similar to
this work, have assigned eight local scores to the stems with the rest using lower numbers of zones.
In those two studies, one did not compare the scores between the zones [18]. The other compared the
four quadrants, and the two distal and proximal regions separately in terms of corrosion severity and
did not determine which zone(s) had the most severe damage [19].
Routine causal-explanatory statistical analyses require only one score as the descriptor of damage
for each implant. The majority of these studies have chosen to combine the local scores by calculating an
overall value [8,11–14]. This approach has led to the presumption that this global score is a continuous
variable; and, thus, the statistical analyses for continuous variables have been utilised. Analysing
a continuous variable with an interval or ratio level of measurement is generally less complex in
nature. However, an increased number of levels in the global score does not necessarily imply a known
“distance” between the score levels. Therefore, this approach was treated with suspicion in this study
and was not adopted.
Here, the corrosion scores were analysed using a univariate OLR model, and the odds ratios
along with their p-values were reported. Since there was no particular hypothesis about the relative
level of corrosion at the eight zones, 28 pairwise comparisons were carried out to exhaust the entire
pairwise comparison of the zones. The distal region of the medial quadrant was found to have the
highest odds of receiving a higher corrosion score which is aligned with the previous findings in the
literature that identified the distal region [19,20,27] and the medial quadrant [7,10,16,28] having the
highest corrosion scores. Also, this study shows that the distal region of all the four quadrants had
more corrosion damage in comparison with the proximal region of those quadrants. Therefore, it was
found that, regardless of the quadrant, corrosion damage is more present distally than proximally.
Generally, the higher severity of wear or corrosion at a specific zone has been attributed to
several factors such as increased micro-motions at the interface, head or stem materials, head diameter,
high friction moments, and poor lubrication of the bearing articulation. While some act as root causes,
the others play the role of causal factors. Also, damage at the head-neck taper junction usually appears
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as a combination of wear and corrosion mechanisms. Some of these factors may only contribute to
a specific mode of damage, while others may contribute towards a set of damage mechanisms.
In a retrieval study of 231 implants [7] the stem tapers received four fretting and corrosion scores
corresponding to the four quadrants. The medial and lateral scores were observed to be significantly
higher than the scores at the other two quadrants (posterior and anterior). This was explained to be
due to a higher likelihood of micro-motions between the head and neck about an axis in the sagittal
plane. Similar to the present study, the pool of implants in this work had a wide diversity, and higher
corrosion scores at the medial quadrant suggest that it could be a phenomenon independent of the
included patient and implant factors.
Wilson et al. [29] explained how at the double-tapered cone design of Profemur Z, the proximal
end of the neck experiences an almost pure compression and shear loading. High frictional moments
at taper junctions were related to poor lubrication of the articulation interfaces by another study [30].
The medial quadrant was identified to have higher corrosion scores in a retrieval study of
52 S-ROM components [16]. It was hypothesised that greater micro-motions at this quadrant could
result in a more frequent disruption of the passive oxide layer; and consequently, more severe corrosion
damage. Similar to the conclusion of the Wilson et al. [29] study, they reported that this region is
generally under a compression-loading regime. A computational modelling of the stem taper stresses
paired with large diameter heads confirmed this hypothesis after witnessing maximum levels of
principal stresses at the medial quadrant [31]. In that work, a 3D model of a 12/14 titanium taper
was paired with cobalt-chromium and alumina heads. Increasing the head diameter increased this
quadrant’s stresses distal to the junction significantly. It was highlighted that the pairing of a small
taper and a large head leads to a larger moment arm transmitting a higher force to a small surface area
which facilitates tribo-corrosion.
A relatively higher amount of load and stress at the medial quadrant causes elastic strains
which appear as surface compression. This condition may lead to micro-motions of approximately
5 to 40 μm [32] which in turn may result in abrasion or fracture of the oxide layer. The subsequent
changes in the metal surface potential and the continuous re-passivation of the oxide layer change the
chemistry of the crevice solution. Ultimately, the deaeration and pH decrease of the solution initiate
crevice corrosive attacks [33,34]. Crevice corrosion has been reported to occur near the bore opening
which may explain observing more severe corrosion at the distal region [35].
Besides micro-motions, galvanic corrosion at this interface due to using mixed metal components
is a potential source of material loss. In this study, 18 (13.1%) implants had mixed head and stem
materials, whereas 45 (32.8%) had similar materials. Therefore, galvanic corrosion cannot be nominated
as the sole mechanism of corrosion.
These studies have used relatively homogenous pools of implants, yet they observed higher levels
of corrosion at the medial quadrant or distal zones of stem tapers. Based on the findings of the present
study which shows that the distal region of the medial quadrant sustains the most severe corrosion
damage, it is understood that this particular zone is most severely damaged versus all the other zones
regardless of the properties and patient characteristics of the investigated pool of implants.
5. Conclusions
This study introduces a method to statistically compare the severity of corrosion damage at eight
distinct zones of stem tapers. A pool of 137 retrieved total hip replacement implants was visually
scored at the head-neck junction for corrosion damage using Goldberg’s method. An OLR model
with proportional odds was used to determine the odds of observing a higher score at a primary zone
compared with a reference zone. The findings of this study can be highlighted as below:
• The corrosion score level 2 was observed having the highest frequency (46.7%).
• Posterior-proximal and medial-distal were identified as the zones with the least and most severity
of corrosion.
109
Metals 2018, 8, 840
• Interestingly, the proximal and distal regions were found to be grouping together with the distal
region showing more damage in comparison with the proximal region of the four quadrants.
• Out of the 28 pairwise comparisons of these eight zones, nine pairs of zones were identified to be
significantly different regarding corrosion damage. This observation objectively shows the high
diversity in corrosion damage across these zones.
• Retrieval studies of taper junctions are, therefore, recommended to score the zones separately and
avoid adding up local scores to be used with an interval or ratio level of measurement.
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Abstract: The impaction force required to assemble the head and stem components of hip implants
is proven to play a major role in the mechanics of the taper junction. However, it is not clear if
the assembly force could have an effect on fretting wear, which normally occurs at the junction.
In this study, an adaptive finite element model was developed for a CoCr/CoCr head-neck junction
with an angular mismatch of 0.01◦ in order to simulate the fretting wear process and predict the
material loss under various assembly forces and over a high number of gait cycles. The junction
was assembled with 2, 3, 4, and 5 kN and then subjected to 1,025,000 cycles of normal walking gait
loading. The findings showed that material removal due to fretting wear increased when raising the
assembly force. High assembly forces induced greater contact pressures over larger contact regions at
the interface, which, in turn, resulted in more material loss and wear damage to the surface when
compared to lower assembly forces. Although a high assembly force (greater than 4 kN) can further
improve the initial strength and stability of the taper junction, it appears that it also increases the
degree of fretting wear. Further studies are needed to investigate the assembly force in the other taper
designs, angular mismatches, and material combinations.
Keywords: fretting wear; CoCrMo alloys; assembly force; material loss; modular hip implants;
finite element
1. Introduction
Modular junctions are commonly used in orthopaedics, such as the head-neck taper junction in
total hip replacement, to allow flexibility at the time of surgery. The aim is to generate a rigid connection
between the modular components. However, fretting wear occurs due to the small-amplitude relative
motions that occur at the interface under physiological loads in the body. In addition, fretting wear
can remove the passive oxide layer of the metal alloy, and, with the presence of the body fluid,
re-passivation occurs within the small crevice at the junction, which causes fretting corrosion [1,2].
These phenomena produce particulate debris and metal ions, which, in turn, can cause adverse local
tissue reactions and, ultimately, clinical failure [3–5].
The mechanical behavior of the taper connection is dependent on a number of parameters.
The material combination used at the taper [6] and the taper mismatch angle [6–9] can be controlled
by the design and the manufacturing process. The type of the mechanical load as a result of daily
activities can also influence the mechanical behavior of the taper junction [10,11]. Since the components
are assembled intraoperatively, the assembly force is important not only to avoid loosening and
dissociation after implantation [12,13] but also to establish a favorable mechanical environment to
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minimize fretting. There is variation between the manufacturers’ recommendations on how to impact
the femoral head [14], from a single light tap to several sharp hammer blows. The impaction forces
generated by surgeons can vary significantly from approximately 300 N to an excess of 7500 N [15].
To date, the majority of studies [12,16–18] investigating the influence of the assembly force have
focused on the dissociation force as the metric to assess the performance of the taper. Assembly
forces from 2 kN to 15 kN have been investigated and a linear relationship with the dissociation
force has been reported [12,16]. The dissociation force is always lower and varies between 42% [17]
and 91% [18] of the assembly force. Rehmer et al. [12] reported a similar linear relationship between
the assembly force and the twist off torque. Increasing the impaction force has also been shown to
increase the contact area [6,19] and reduce the micro-motion [18,20] between the head and the trunnion.
These studies generally suggest that a high assembly force can achieve a high degree of initial stability
and fixation in the head-neck junction to more reliably withstand mechanical loads of daily activities
without disconnection.
However, very few studies have attempted to address the important question of whether the
assembly force has an influence on the material removal by fretting wear over an extended period.
Bitter et al. [18] developed a combined experimental and finite element (FE) study to analyze the
influence of assembly force (2, 4, and 15 kN) on the fretting wear of a Ti-6Al-4V femoral stem in
contact with a Ti-6Al-4V taper adaptor. Their experimental results showed large standard deviations
in terms of volumetric wear and no significant difference was found between the three tested assembly
forces. However, it was reported that, when increasing the assembly force, the fretting wear reduces
at the taper interface. They also used a simplified FE modelling approach simulating accelerated
fretting (did not incorporate geometry updates to account for material loss). Employing a simplified
version of the Archard equation, they defined a total wear score for the interface using the contact
pressure and relative micro-motion for each contact node. As a major simplification, their model was
not able to track the fretting wear process over several cycles of sliding. No correlation was found
between the predicted wear scores (from the FE analysis) and the experimental volumetric wear [18].
In another FE analysis, English et al. [21] modelled a CoCr head and a titanium neck with a zero
angular mismatch to estimate the material loss and contact pressure at the junction subjected to two
million cycles of walking gait loading. This work was extended to explore the influence of assembly
force, and they reported that higher assembly forces resulted in lower fretting wear [22]. However,
they still used the critical simplification of zero angular mismatch for the junction in the dry condition.
The materials modelled in the previous studies did not include the common combination of CoCr
head and CoCr neck. Furthermore, the existing taper angle mismatch between the head and neck
components has been ignored in the previous fretting wear studies while the angular mismatch has
been found to significantly influence the mechanics of the junction [6,23]. Therefore, it could have a
significant effect on fretting wear as a mechanically driven process. More importantly, the previous FE
simulations have often assumed a dry condition for the contacting materials of the junction. However,
the existence of body fluid at the interface of the junction may control the frictional characteristics and
wear characteristics, which may influence the fretting wear behavior.
This work aims to simulate the fretting wear process and predict the material removal in a
CoCr/CoCr head-neck junction through an adaptive finite element modelling approach. To achieve
more realistic outcomes, the taper junction was modelled to have a distal contact with a real angular
mismatch between the head and neck with the presence of simulated physiological body fluid. The main
research objective was to evaluate the effect of assembly force on the material loss and fretting wear
process in this type of taper junction.
2. Methods
A 3D model of a 32-mm diameter CoCr head with a 12/14 CoCr neck (as per dimensions reported by
Rehmer et al. [12]) was first analyzed under normal walking load profiles [24,25] in order to determine
the most critical plane of the taper junction in terms of two important fretting wear parameters of
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normal contact stress (contact pressure) and micro-motion. An elastic-plastic material model was
used for CoCr (ISO 5832-12) with a Young’s modulus of 210 GPa, Poisson’s ratio of 0.30, yield stress
of 910 GPa, ultimate tensile stress of 1350 GPa, and tensile elongation of 15%. The contact pressure
and displacement were retrieved for all the nodes in the contacting regions of the head and neck,
using a Python script, under the maximum force and moment of the loading profile. The relative
displacements (micro-motions) of the contacting nodes were then determined using a MATLAB code.
The middle plane passing through the superolateral region of the neck was found as the most critical
plane to have the largest area of contact pressure (as shown in Figure 1) together with micro-motions.
This critical plane was then employed for the main 2D fretting wear model that will be described next.
Figure 1. (a) A three-dimensional model of a hip joint implant and (b) distribution of contact pressure
(in Pa) in both the head and neck under a normal walking gait loading, which indicates that the
super-lateral region has the largest contacting area with both contact pressures and micro-motions.
2.1. Fretting Wear Model Development







where V (m3) is the lost volume, S (m) is the amplitude of sliding, k (Pa−1) is the wear coefficient, F (N)
is the normal force, and H is the hardness of the material [26]. The Archard formulation can be localized
and applied to the points of a contact region, which makes it suitable for FE simulations. In addition,
the Archard equation has been previously used for fretting wear simulations with success [27–30].
Dividing both sides of the Archard wear equation (Equation (1)) by the area, yields the following.
h = K·S·p·ΔN (2)
where h (m) is the depth of wear, K is the wear coefficient-to-hardness ratio (k/H), p (Pa) is the normal
contact stress, and ΔN is the load cycle update interval. The main reason to re-write Equation (1) in the
form of Equation (2) was to apply the Archard formula to the contacting nodes in the FE model. For the
fretting wear model in the present study, a FORTRAN code was developed to trace and determine the
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positioning of the contacting nodes through the ABAQUS UMESHMOTION subroutine within an
adaptive meshing constraint.
2.1.1. Verification
McColl et al. [29] and Ding et al. [28] developed an algorithm based on the Archard equation in
order to simulate fretting wear for a pin-on-disc testing system. They reported surface profiles of the
disc after various cycles of fretting wear. In order to verify the UMESHMOTION code developed for
the head-neck junction in this study, a pin-on-disc model was first generated to replicate the Ding’s
model. This model had a very similar configuration (materials, geometry, element sizes, meshing
structure, normal force, and sliding amplitude and frequency). The surface of the disc after the fretting
wear process was evaluated (Figure 2) and compared with the results reported by Ding et al. [28].
Table 1 provides a comparison between the results of this study and those presented by Ding et al. [28]
in terms of the width and height of the wear profile for the disc, which shows a very good level of
agreement and verifies the UMESHMOTION code and its accuracy used in this study.
Figure 2. The distribution of displacement in the Y-axis (in meters) representing material removal
from the surface of the disc under a normal force of 1200 N and a sliding amplitude of 10 μm after
18,000 cycles of fretting wear.
Table 1. The width and height of the wear profile for the disc after various fretting wear test cycles.
A comparison between the computational results of this work and those presented by Ding et al. [28].
Comparison
Wear Profile Parameters







Results of this work
Width, w (mm) 0.3512 0.7123 0.9331
Height, h (mm) 0.0013 0.0042 0.0092
Results reported by
Ding et al. [28]
Width, w (mm) 0.3834 0.7644 0.9754
Height, h (mm) 0.0013 0.0042 0.0092
2.1.2. Fretting Wear Model for the Head-Neck Taper Junction
The most critical plane of the head-neck junction that was previously identified by the 3D FE
analysis was used to develop a 2D fretting wear model for the taper junction. Figure 2 illustrates
the mesh structure of the 2D head-neck junction model and the profile of the corresponding force
components (from the normal walking gait cycle) applied to this plane.
For the Archard wear equation (Equation (2)), the wear coefficient-to-hardness ratio (K) for the
CoCr/CoCr head-neck combination was determined from a set of experimental results reported by
Maruyama et al. [31]. They employed CoCr/CoCr pin-on-disc experiments under various normal
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contact stresses and sliding cycles in a phosphate buffered saline (PBS) condition. From their results
and using the Archard equation, the wear coefficient-to-hardness ratio was determined for nine cases
tested in their study. The nine K values were found to be very close with a maximum difference of
10% from which an average of K = 1.7 × 10−15 Pa−1 was calculated and used for the CoCr/CoCr taper
junction model.
The coefficient of friction between CoCr and CoCr in the PBS condition was also obtained from the
results reported by Maruyama et al. [31]. Their results for different contact stresses and cycles showed
that the friction coefficient becomes constant at 0.60 after approximately 5000 cycles, which was used
in the FE simulations of this work.
The authors’ previous work [23] showed that head-neck taper junctions with distal angular
mismatches have generally a better resistance to fretting wear when compared to junctions with
proximal angular mismatches. Hence, in this paper, a small yet realistic distal angular mismatch (0.01◦)
was chosen for all the cases in order to investigate the influence of the assembly load.
The adaptive FE simulation was used to simulate the fretting wear process for one million loading
cycles. An adaptive time stepping [28] was used in the simulations with an assumption of constant
wear rate during a certain number of cycles (ΔN). After several preliminary simulations, it was found
that ΔN should not be assumed the same for all the periods of loading cycles. Due to the existence
of a very small mismatch angle in the geometry of the interface (distal contact type with an angular
mismatch of 0.01◦), large contact pressures were induced over the small contacting area at the first
loading cycles, which showed that care should be taken for the selection of ΔN. During the fretting wear
process, the contacting area expanded gradually, which then reduced the contact pressure. Therefore,
ΔN was carefully changed from 50 to 800 loading cycles over the entire fretting wear process. The size
of the elements was refined several times and 0.10 mm was found as the most suitable length of the
element edge in the contact area, which could provide mesh-independent results. Figure 3a shows
that the first layers of the head and neck materials at the interface were meshed with very small
structured quadratic elements. These elements need to be small enough to correctly model the contact
pressure and relative displacement over the contact area. The sublayers were then meshed by free-quad
elements, which allow increased element sizes away from the contact area. The third part of the head
and neck models was again meshed by relatively large structured elements. This meshing structure
considerably reduced the solution time while providing accurate results. To simulate the interaction
between the head and neck, both normal and tangential contact behaviors were defined. Normal
contact was simulated using a surface-to-surface contact algorithm within ABAQUS via the “hard”
contact option. The tangential interaction was modelled with a classical isotropic Coulomb friction
model that was implemented with a stiffness (penalty) method.
The 2D fretting wear model of the CoCr/CoCr taper junction was assembled with four different
assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N. A PYTHON code and a MATLAB code were
developed to report the contact pressures and relative micro-motions at the contact interface, and to
find the material loss in the form of worn area from the surface at various cycles (up to 1,025,000 cycles)
of normal walking gait loading.
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Figure 3. (a) Mesh structure of the 2D model of the most critical plane of the head-neck junction and
(b) profile of corresponding forces in Y and Z axes from the normal walking gait cycle.
3. Results
3.1. Contact Pressure and Contact Length
As shown in Figure 4, when increasing the assembly force from 2000 N to 5000 N, the contact
pressure increased in magnitude over the length of the neck, and the contacting region between the
head and neck (contact length) also increased toward the proximal side of the neck. This confirms that
a higher assembly force can further push the neck into the head, which induces greater normal contact
forces. Thereby, larger contact pressures and more engagement between the head and neck surfaces
(longer contact). As more loading cycles were applied (increase in the number of cycles), the peak
contact pressure decreased in magnitude. The maximum magnitude of contact pressure for cases with
assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N decreased from 206, 257, 265, and 337 MPa
at 25,000 cycles to 169, 243, 258, and 294 MPa at 1,025,000 cycles, respectively, in the super-lateral
sector of the neck. These graphs can also help investigate the contact length between the head and
neck. Non-zero contact stresses at any region of the surface indicate that there is contact between the
head and neck in that region. After 25,000 cycles, the percentage of the neck, which is in contact with
the head for cases with assembly forces of 2000 N, 3000 N, 4000 N, and 5000 N, were 48%, 64%, 75%,
and 79%, respectively. These total contact lengths remained nearly constant after 1,000,000 cycles of
fretting wear.
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Figure 4. Variation of normal contact stress over the neck length in both super-lateral and infero-medial
sectors under different assembly forces and after 25,000 and 1,025,000 loading cycles.
3.2. Micro-Motions
For all the assembly forces, the micro-motion at the contacting interface tends to increase from
the proximal side to the distal side (Figure 5) and the magnitude of the micro-motion reduces when
increasing the assembly force. The junction assembled with 2000 N had the largest micro-motions
compared to the other cases with a range of 0.41 to 0.51 μm. There appears to be minimal changes in
the micro-motion after 1,000,000 load cycles (Figure 5).
Figure 5. Relative micro-motion at the contacting interface over the neck length (super-lateral sector)
for different assembly forces after 25,000 and 1,025,000 cycles.
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3.3. Material Loss
Material removal over the neck length was calculated as the total area under the curve of wear
depth versus the neck length in both the super-lateral and infero-medial sectors. This represents the
lost area from the original edges (super-lateral and infero-medial sectors) of the 2D model. It can be
seen in Figure 6a that the trend of the lost area over the number of loading cycles is linear for all of the
assembly forces studied. The values of area loss for different assembly forces and at different cycles
were almost equal in both the head and neck. Therefore, this figure only presents the area losses of
the neck. Increasing the assembly force results in an increase in the lost area at the taper junction.
For instance, when the assembly force was increased from 2000 N to 5000 N, the area loss increased
from 5.28 × 10−3 mm2 to 16.3 × 10−3 mm2 in the neck after 1,025,000 cycles.
Figure 6b shows the effect of assembly force on the rate and location of the fretting wear damage
in the form of wear depth (after 25,000 and 1,025,000 number of cycles) in the neck. It is noted that very
similar depth of wear results were found in the head at the same number of cycles. These graphs can
help compare the wear depth at different assembly forces, and locate the wear damage at the interface.
It can be seen that the wear depths in the assembly force of 5000 N (with a maximum 0.779 μm) was












Figure 6. (a) Lost area versus number of cycles for different assembly forces and (b) depth of wear over
the neck length after 1,025,000 cycles.
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4. Discussion
In this work, the fretting wear mechanism and material loss were investigated in a CoCr/CoCr
head-neck junction with a real angular mismatch in a PBS solution and under normal walking gait
loading. The junction was assembled with various forces ranging from 2 kN to 5 kN to represent
low-to-high impaction forces applied by surgeons in practice. The area loss from the edges of the
most critical plane of the junction (as an indicator of material loss in the junction) showed a linearly
increasing pattern over the fretting wear cycles. This could help estimate the degree of material loss
after several million cycles of fretting wear.
The results of this work revealed that contact pressure, contact length, and relative micro-motion
at the interface of the junction are the key parameters that can influence the material loss caused
by fretting wear. Figure 5 showed that, when increasing the assembly force, relative micro-motion
between the head and neck components reduces considerably, which offers more stability to the
junction. According to the Archard equation, wear is proportional to both the contact pressure and
relative micro-motion (amplitude of sliding). Even though the relative micro-motions decrease in
the firmly assembled junctions, the significant increase in the contact pressure (induced over greater
contact regions) leads to a net increase in fretting wear and, consequently, material removal. The results
showed that a higher assembly force can induce a longer contact at the interface. This can extend
the surface on which fretting wear is to occur and can, therefore, increase the extent of material
removal. As shown in Figure 6a (for the studied taper design and material combination), increasing
the assembly force results in more material loss. This is in contrast with the English’s results [22]
where higher assembly forces were reported to reduce fretting wear. On the other hand, Bitter’s
experimental results [18] showed no rational relation between the assembly force and the volumetric
wear. The wear volume reduced when increasing the assembly force from 2 kN to 4 kN, and then
slightly increased when increasing the assembly force from 4 kN to 15 kN. They found large standard
deviations in their wear volume results (no significant difference between the three tested assembly
forces). Bitter’s FE simulations were too simplified and did not incorporate geometry updates to
account for material loss due to the process of fretting wear. One immediate difference between the
two previously mentioned studies and the present work is the material combination. In this study,
the material combination is CoCr/CoCr, while they used CoCr/Ti and Ti/Ti combinations. Material
properties, particularly the modulus of elasticity, can influence the behavior of the contact, especially
the relative micro-motion. The angular mismatch within the junction is the major difference between
the present work and their studies. The authors have previously shown that the existence of angular
mismatch has a significant effect on the contact length, contact pressure, relative micro-motion, and,
accordingly, the wear damage [23]. In English’s model, zero mismatch was assumed between the
head and neck taper angles. Therefore, the contact length would always be constant (due to having
no angular mismatch).Furthermore, increasing the assembly force reduces the relative micro-motion
at the head-neck interface, which, in turn, reduces the amount of material loss. However, in this
work, the contact between the head and neck is not perfect. Therefore, increasing the assembly force
increases the contact length in the head-neck junction, which results in increasing the material loss.
Bitter’s et al. [18] did not mention if there was an actual angular mismatch in their head-neck samples.
Therefore, valid statements cannot be made to directly compare and discuss their results with those of
this study in terms of the mismatch angle’s influence.
Assembly force, as an intraoperative surgical parameter, can play an important role in the
fretting wear damage to the head and neck components. This study was developed for a particular
design including a CoCr/CoCr material combination with a distal angular mismatch of 0.01◦. This,
together with the contradicting results reported previously [18,23], may suggest that further research
is required to investigate the influence of the assembly force on the fretting wear behavior, considering
various angular mismatches as well as different material combinations and loading profiles of other
daily activities before making a certain suggestion to clinicians in terms of a recommended force for
assembling head-neck taper junctions. Moreover, fretting corrosion in the head-neck taper junction is a
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combination of mechanical fretting wear and electro-chemical corrosion processes. The scope of this
study was to investigate the influence of assembly force (as a mechanical parameter) on the material
loss at the head-neck junction of hip implants. Hence, the model was developed to simulate only the
mechanical fretting wear process in the junction. However, corrosion can play an important role in
the behavior of the contact and, thus, the amount of material loss. The authors of this study have
developed a new adaptive finite element model to simulate fretting corrosion at metallic interfaces [30].
This model has been successfully used to simulate fretting corrosion for only a simple geometry.
Further research is required to use this new and complex model to simulate fretting wear corrosion in
head-neck taper junctions.
5. Conclusions
High assembly forces reduce the relative micro-motions between the head and neck at the taper
junction. However, they can also increase the contact pressures and the contact region at the interface,
which, in turn, may intensify the fretting wear process and, consequently, increased material removal.
The results of this study showed that the effect of the last two parameters (contact pressure and contact
length) was more dominant in wearing out the surface of the studied CoCr/CoCr junction with a
taper angle mismatch of 0.01◦. Hence, when increasing the assembly force, the degree of material loss
increased for this particular design and material combination of the junction studied in this work.
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Abstract: Three-dimensional (3D) printed titanium orthopaedic implants have recently revolutionized
the treatment of massive bone defects in the pelvis, and we are on the verge of a change from
conventional to 3D printed manufacture for the mass production of millions of off-the-shelf
(non-personalized) implants. The process of 3D printing has many adjustable variables, which taken
together with the possible variation in designs that can be printed, has created even more possible
variables in the final product that must be understood if we are to predict the performance and
safety of 3D printed implants. We critically reviewed the clinical use of 3D printing in orthopaedics,
focusing on cementless acetabular components used in total hip arthroplasty. We defined the clinical
and engineering rationale of 3D printed acetabular cups, summarized the key variables involved in
the manufacturing process that influence the properties of the final parts, together with the main
limitations of this technology, and created a classification according to end-use application to help
explain the controversial and topical issues. Whilst early clinical outcomes related to 3D printed
cups have been promising, in-depth robust investigations are needed, partly because regulatory
approval systems have not fully adapted to the change in technology. Analysis of both pristine and
retrieved cups, together with long-term clinical outcomes, will help the transition to 3D printing to be
managed safely.
Keywords: 3D printing; additive manufacturing; orthopaedic implants; total hip arthroplasty;
acetabular cups
1. Introduction
Three-dimensional (3D) printing, also known as ‘Additive Manufacturing’ (AM), of titanium
orthopaedic implants has revolutionized the treatment of massive bone defects in the pelvis due to their
ability to be customized with complex shapes, size and surface geometries; this is more complicated
to achieve with conventional manufacturing (i.e., non-3D printing) methods, such as drop forging
and machining, which are commonly used to produce orthopaedic implants. The greatest impact of
3D printing of orthopaedic implants is, however, still to come: the mass production of millions of
off-the-shelf (non-personalized) implants.
Every year, over 600,000 total hip arthroplasty (THA) procedures are performed in Europe and
1.4 million worldwide; these numbers are expected to grow significantly by 2030 [1–3]. The main
clinical rationale for the use of 3D printed off-the-shelf implants is achieving a successful long-term
fixation with bone to restore biomechanical function of the joint.
The process of 3D printing has many adjustable variables which, taken together with the possible
variation in designs that can be printed, has created even more variables in the final product that
must be understood if we are to predict the safety and performance of 3D printed implants [4–7].
The regulatory approval systems have not yet completely caught up with the change in technology [8];
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surgeons prefer to use implants that have been followed up for several years and have been highly rated
by systems such as the Orthopaedic Data Evaluation Panel (ODEP, UK) [9]. Orthopaedics has already
shown cases of unpredictable outcomes with design solutions that were thought to be revolutionary,
such as metal-on-metal hip replacements [10,11].
This review aims to describe the role of 3D printing of orthopaedic implants, focusing on acetabular
components used in THA. To achieve this, we (1) explain the rationale for 3D printed acetabular cups,
(2) describe the variables and the limitations involved in the 3D printing manufacture, and (3) suggest
a classification for these cups, presenting also the investigation methods and the clinical outcomes of
3D printed cups.
2. Rationale for 3D Printing in Orthopaedics
Although the majority of THA procedures are still performed using conventionally manufactured
cups, acetabular components produced using 3D printing technologies are being increasingly used
for primary and revision hip surgeries. There are advantages and disadvantages of each production
techniques (Table 1). In terms of manufacturing, 3D printing enables complex porous structures with
specifically designed pores shapes to be produced, unlike conventional technologies, where the control
over the final architecture of the porous backside coating is limited. Furthermore, customization of
implants can be achieved more easily using 3D printing. In terms of clinical outcomes and investigation
of the implants, the conventional cups have a long-track record, with long-term clinical results, unlike
3D printed; however, aseptic loosening (i.e., loss of fixation without infection) is still one of the most
common reasons for revision [12]. Independent investigations of full-post production 3D printed
acetabular components are currently missing.
Table 1. Summary of advantages and disadvantages of 3D printing and conventional manufacturing
for acetabular components in hip arthroplasty [6,7,12,13].
Factor 3D Printing Conventional Manufacturing
Advantages
• Complex and easily adjusted porous
structure for enhanced fixation
• Cup size optimization
• Easily customized/personalized
• Widespread clinical use
• Long-term clinical outcomes
Disadvantages
• Potential risks and clinical impact
poorly understood
• Absence of implants investigations
• Few reported clinical outcomes
• Poor fixation still an issue in THA
• Limited design freedom
• Customization limited
2.1. Clinical Rationale for 3D Printed Cups
Customized implants
The clinical unmet need addressed by customized 3D printed titanium acetabular implants was
the poor outcome resulting from the use of conventionally manufactured triflange implants, jumbo cup,
cages and augments to reconstruct massive acetabular defects [14–18]. These defects most commonly
occur following previous failed implants. Conventionally manufactured implants failed due to poor
fixation to the bone as a result of the complex shape of the defect and low surface area of host bone
with good blood supply. 3D printed implants have overcome both of these problems (Figure 1a).
126
Metals 2019, 9, 729
Figure 1. Images showing backside and internal surface of (a) custom and (b) off-the-shelf 3D printed
implants. Post-operative X-ray images are also shown.
Off-the-shelf
One of the commonest reasons for the failure of orthopaedic implants is loosening from the
bone [19]. Several factors are responsible for this including poor bone quality, the presence of metabolic
bone diseases, pathological bone anatomy or conditions due to previous surgeries [20,21]. 3D printing
creates implants with highly porous structures for enhanced fixation, matching bone characteristics
such as pore size, coefficient of friction and modulus of elasticity to avoid stress shielding. Porosity
and properties similar to cancellous bone may enable bone-implant interactions that lead to primary
stability, bone ingrowth and osseointegration [22].
3D printed, off-the-shelf implants can also be designed to optimize hip joint biomechanics and
cup size. Surgeons try to use the 36 mm heads for greater stability [23,24], but this is difficult to
achieve with conventional implants in a size suitable for most women unless they can be made with
thinner walls. 3D printing can achieve this, allowing surgeons to use large femoral head size options
(e.g., 36 mm diameter) with smaller acetabular cups (e.g., 48 mm diameter). It is not clear, however,
what impact this design modification may have on the mechanical properties of the cup (Figure 1b).
2.2. Engineering Rationale for 3D Printed Cups
The ISO/ASTM 52900 standard defines 3D printing as ‘the process of joining materials to make
parts from 3D model data, usually layer upon layer, as opposed to subtractive manufacturing and
formative manufacturing methodologies’ [25]. From an engineering perspective, the greatest advantage
of 3D printing, when compared to conventional techniques, is the design freedom enabled during the
Computer Aided Design (CAD) process. Unlike conventional methods, tools such as molds are not
needed, reducing the cost of the final part; therefore, increased complexity in the structure of the 3D
printed object does not involve higher costs.
To date, 3D printing involves a lower cost-per-part than conventional manufacturing when the
number of parts is below a certain threshold, but with the increased adoption of this manufacturing
technique, this threshold will grow [6]. It has also been estimated that the consumption of raw
materials may be reduced up to 75% [26]. Acetabular cups with complex architecture and controlled
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mesostructure (structure associated with pores and porosity) can be designed and made, integrating
porous and dense regions.
3. 3D Printing Manufacturing Process, Limitations and Risks
Both conventional and 3D printing technology use Titanium-6-Aluminum-4-Vanadium (Ti6Al4V)
alloy, due to its biocompatibility, mechanical strength and corrosion resistance [27,28]. Guidelines
regarding the properties of Ti6Al4V as a material for surgical implants are defined by both the
International Organization for Standardization (ISO) and the American Society for Testing and Material
(ASTM) standards [29–31]. However, we must be aware of the limitations and risks of defects that
are unique to the 3D printing process, together with the potential impacts of these when present in
orthopaedic implants.
3.1. Manufacturing Process
Conventional manufacturing technologies start production of the implant from a dense block
that is machined into the shape of an acetabular component, using techniques such as computer
numerical controlled (CNC) machining of wrought or cast bars, powder metallurgy, drop forging and
casting [27,32]. The component is then finished using wet or coarse blasting on the external surface to
obtain roughened areas, and post-processing the internal surface to obtain the required dimensional
tolerances and minimal friction for an optimal seating of the liner [27]. The backside coating is applied
at a later step using different methods such as solid state processing (powder metallurgy, sintering of
powders and fibres), vapour deposition or plasma spray [22,33–35].
The 3D printing, or additive manufacturing, methods used to manufacture acetabular cups are
classified as Powder Bed Fusion (PBF) technologies, where an energy source (laser or electron beam)
selectively melts specific regions of a powder bed. Two different processes fall under the PBF category:
selective laser melting (SLM) [36,37] and electron beam melting (EBM) [7,38–41]. In the pastdecade
3D printing has evolved, leading in 2007 to the first acetabular component produced using EBM to
obtain the CE-certification (Figure 2) [42]. To date, several companies have commercialized machines
with laser powder-bed hardware (EOS GmbH, Kraillin, Germany; SLM Solutions, Lübeck, Germany;
Concept Laser, GE Additive, Lichtenfels, Germany; Renishaw, Wotton-under-Edge, UK; 3D Systems,
Rock Hill, SC, USA) and one company (Arcam, GE Additive, Mölndal, Sweden) with electron beam as
the energy source [6,43,44].
 
Figure 2. Timeline chart of the evolution of 3D printing in orthopaedics (EBM, electron beam melting;
SLM, selective laser melting).
These 3D printing processes are guided by CAD files containing the model of the part to
manufacture. With the layer-over-layer process, once a layer of powder has been selectively melt,
the build platform is lowered, new powder is deposited and raked, and the process is repeated until
the object is built [45]. Adherence of the current layer to the rest of the part is achieved by re-melting of
previous layers. The whole implant (dense and porous parts) is produces in a single step, although
post-processing such as powder removal, heat treatment or post-machining are required [4,6,37,43,44].
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It has been estimated that more than 130 variables are involved in PBF [46,47]; a schematic summary of
some of these variables is presented in Figure 3.
 
Figure 3. Flowchart of the powder bed fusion process showing the main variables involved. The output
properties of the final part are determined by feedstock quality (metal powder), software and hardware
specifics, and post-processing.
The feedstock quality is the first ‘macro-variable’ to determine the properties of the final implant.
Powder characteristics, such as size, shape, chemical composition and surface morphology depend
on the powder production technique (gas atomization, rotary atomization, plasma rotating electrode
process, plasma atomization); these influence properties like flowability (how well a powder flows),
apparent density (how well a powder packs) and thermal conductivity of the whole powder bed [43,44].
Smaller powder particles are used in SLM, compared to EBM, leading to a smoother surface finish due
to decrease of the size of satellites formed during melting and reduction of layer thickness; this has an
effect on the overall roughness, which is higher in EBM-manufactured components [44]. Moreover,
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powder chemical composition must be within the alloy specifications, especially when the material
is recycled and the possibility of contamination with oxygen or other gases is present. It has been
demonstrated that oxygen content can increase up to 0.19% in weight over 21 reuse cycles [48], implying
that powder can be reused, but titanium and its alloys are known to oxidize and suffer embrittlement
when the oxygen content increases [49].
The second ‘macro-variable’ is defined by the software system; the CAD model represents the
ideal final shape of the part to build, but it has to be converted into a surface tessellation format
(STL) and sliced into layers in order to generate the manufacturing information for each cross-section.
The conversion CAD-to-STL may represent a source of error with loss of resolution because the
STL format simplifies the component geometry into a set of triangular facets connected at the
vertices [4,47,50]. Moreover, the spatial position and the orientation of the components in the build
chamber may influence the geometrical accuracy of the part, because different temperature gradients
can result in the powder bed [51].
The third ‘macro-variable’ is represented by the hardware of the machine. SLM works using a
laser source, a system of lenses and a galvanometer (scanning mirror) to position the beam; the laser
heats and melts the powder when photons are absorbed by the powder particles (Figure 4a). EBM uses
a filament (usually made of tungsten) as source of electrons, a magnetic coil to collimate and deflect
the beam spatially and a column for the electron beam, resembling a high-power scanning electron
microscopy (SEM) (Figure 4b). In this case, the powder is heated by the transfer of kinetic energy
from incoming electrons, generating also increasingly negative charge on the powder bed. In order to
reduce this, the EBM energy is more diffuse (i.e., larger heat-affected powder zone) and helium gas is
injected during melting to dissipate the charge; this leads to a larger minimum feature size that can be
produced and to the use of larger powder particle size [34,43–45]. In general, the small feature size that
both SLM and EBM can manufacture allows to print the meshes or foam structures that are present in
orthopaedic implants such as acetabular cups [52].
Figure 4. Schematic representations of the two-powder bed fusion machines used to manufacture
orthopaedic implants: (a) selective laser melting (SLM) and (b) electron beam melting (EBM). The two
technologies use the same powder-bed principle for layer-by-layer selective melting, but hardware and
process differences are present.
Other variables to be considered in the 3D printing processes can be summarized as follows: scan
speed, which is higher in EBM because magnetically driven, while in SLM depends on the galvanometer
inertia; layer thickness, which determines how much powder is distributed to the melt surface and
is greater in EBM because of larger powder particles size and beam focusing; powder deposition,
which is delivered by a powder hopper and a metal rake in EBM and by variable feeding systems
(hopper or dispersing piston) and re-coating systems (soft blades or roller) in SLM; build chamber
atmosphere, which is filled with inert gas (argon or nitrogen) to avoid oxidation in SLM and is under
vacuum (<5 × 10−4 Pa) to generate the electrons and prevent any contamination in EBM [43,44].
130
Metals 2019, 9, 729
A fundamental step of the building process is the cooling phase, which determines both
microstructural and mechanical properties of the 3D printed part. This process is influenced by
parameters such as scan strategy (path followed by the heating source) and temperature of the powder
bed. The higher energy input of the electron beam heats the surrounding loose powder, generating a
higher temperature in the chamber (400–1000 ◦C), compared to SLM (100–200 ◦C), where heaters are
used to avoid temperature drops on the build platform. Therefore, the thermal cycling experienced
by the metal (simultaneous melting of the top powder, re-melting of underlying layers and cooling)
is different between the two PBF techniques, resulting in different microstructure (grain size and
orientation, phase distribution). Laser-built components experience the presence of residual stresses
which must be relieved [4,43,44]. A summary of the differences between SLM and EBM is presented
in Table 2.
At the end of the building process, the part is considered “as-fabricated” and requires
post-processing steps. Excess powder and support structures must be removed; thermal treatment can
be applied to reduce residual stresses in the structure and enhance the overall mechanical properties.
Machining can also be used to modify the surface finish, influencing the actual part tolerance, minimum
feature size and surface roughness of the end-use component. As example, surface roughness is
influenced by the layering effect (‘stair-step effect’), by the actual roughness of the powder particles (finer
powder means smaller satellites formation) and by post-processing steps. Similarly, the geometrical
accuracy depends on the setup of the machine and post-processing treatments [43,44]; it has been
suggested that EBM tolerance capability is about ±250/300 μm [53,54].
The mechanical properties of the final part depend on the microstructure that is formed during
the building process, which in turn depends on the parameters of the technology [45].
At room temperature, the Ti6Al4V alloy is made of α- and β-phases; after being processed using
EBM or SLM, different microstructures are generated [43]. The low cooling rate experienced during
EBM enables the β-phase formed during the process to transform back to α-phase, whilst the high
cooling rate of SLM generates martensitic α’-phase. This is usually removed using post-processing heat
treatments. Overall, the thermal history (melting and cooling), the quality of the feedstock, the potential
presence of structural defects, the component size, the energy source density and the scanning strategy
are the main factors affecting the final mechanical properties [55–57]. The layer-over-layer building
process also creates anisotropy in the build direction (i.e., Z-direction).
Table 2. Main parameters of the main parameters of selective laser melting (SLM) and electron beam
melting (EBM) [37,42–44,58–60].
Features SLM EBM
Heat source Laser beam (up to 1 kW) Electron beam (60 kW)
Scan speed Limited by galvanometer inertia Fast, magnetically driven
Powder size 10–45 μm 45–106 μm
Minimum beam size 50 mm 140 mm
Beam/melt pool dimension 0.5–1.5 μm 2–3 μm
Layer thickness 20–100 μm 50–200 μm
Chamber atmosphere Argon or nitrogen Vacuum (+helium)
Environment temperature Build platform at 100–200 ◦C Chamber at 400–1000 ◦C
Powder pre-heating Using infrared or resistive heaters Using electron beam
Surface finish Excellent to moderate (~20 μm) Moderate to poor (~35 μm)
Residual stresses Yes No
If the 3D printed part also includes porous structures, as with acetabular cups, the mechanical
properties of the whole component will differ and depend on the behaviour of this region,
as demonstrated by Murr et al. [13]
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3.2. Limitations and Potential Risks of 3D Printing
Dimensional accuracy, optimal surface roughness and minimization of residual stresses in the
material structure are key aspects of 3D printed parts for critical applications like medical implants.
These can be achieved choosing the most adequate powder feedstock, correctly designing the final
object and selecting the best machine parameters. However, 3D printing shows limitations that leads
to the presence of defects in the built part.
One of the most common limitation is represented by the presence of voids or pores in the
structure of the final part, which can affect its mechanical properties [45]. These defects can be due
to the properties of the powder feedstock or to suboptimal building conditions. Spherical gas pores
entrapped in the powder particles can be transferred to the final object if the powder is not completely
melted; similarly, gasses of the build chamber can be entrapped in the melt pool during the process,
resulting in spherical voids [61]. Another source of defects is the so-called ‘keyhole melting’ mode,
where the depth of the melt pool is controlled by the evaporation of the metal due to the high-power
energy source. If the vapor cavity collapses, then almost spherical voids are left behind [62]. Voids with
elongated shapes can also be generated if a lack of fusion between subsequent layers occurs (lack of
fusion defects) [63].
Another common limitation is given by the presence of solid powder particles partially attached to
the surface of the built part (Figure 5); if the energy source is too low, then the powder is not completely
molten, whilst if it is too high, the molten pool can form small ‘islands’ that generate particles (‘balling
phenomenon’) [45].
 
Figure 5. Scanning electron image (×150) taken at our laboratory showing a 3D printed part with
presence of partially molten powder particles attached to the surface of the object. The part was
manufactured using electron beam melting.
Cracking and delamination are other possible defects exhibited by 3D printed parts; these can occur
due to solidification shrinkage (thermal contraction) of the structure, which subsequently generates
tensile stresses that form cracks at the grain boundaries if the strength of the material is exceeded.
When the residual stresses overcome the strength of the metal at the interface of subsequent layers,
then a delamination phenomenon of these consecutive layers can occur [45]. When the temperature
of the melting material is too elevated, a phenomenon of loss of alloying elements can also occur.
This depends on the metal alloy and can cause modification in the alloy composition [64].
At the end of the manufacturing process, the as-fabricated part needs to be cleaned from the
residual unmolten powder [43]. The complex porous structures that can be produced with 3D printing
have made this cleaning process challenging [35,65,66].
Although all these limitations and the presence of defects have been widely reported in 3D
printed parts, few studies have addressed this for medical implants. In a comprehensive review on
additive manufacturing of medical instruments, Culmone et al. [66] highlighted how the presence
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of debris in the final component is still a technical issue that needs to be addressed. Another study
by du Plessis et al. [67] identified pores in the material structure of a nasal cavity implant made of
Ti6Al4V produced using SLM; these pores were in the range 10–60 μm, according to the region
analyzed. In general, an issue found with 3D printed device related to surgery, such as anatomic
models and surgical guides, is the non-satisfactory accuracy of the final components compared to the
initial model [68].
It cannot be excluded that some of these defects are present in 3D printed acetabular cups,
although no studies have reported this. It can be speculated that if some defects were to be found, then,
there might be implications for the implant’s properties and performance. As an example, the presence
of unmolten particles on the surface of the cups might lead to the release of titanium.
To date, 3D printed implants have received both the Food & Drug Administration (FDA)
and CE marking approval. In the United Kingdom, three 3D printed acetabular cup designs are
currently going through the Beyond Compliance initiative, which monitors new or modified implants
placed on the market. The substantial equivalence to other legally marketed devices, regarding
safety and effectiveness, is still applied as a principle to clear implants, including 3D printed cups.
These components are treated as conventionally manufactured implants, since the intended use (i.e.,
acetabular component for THA) is the same [69].
4. Classification and Analysis of 3D Printed Acetabular Cups
Over fifteen 3D printed acetabular cup designs are currently commercially available (Table 3);
this number has grown constantly since 2007, when the first cups were released (Figure 6). It has been
estimated that more than 60,000 acetabular cups produced using EBM have been used worldwide by
2017 and this number is expected to grow [39].
Table 3. 3D printed acetabular cup designs currently on the market (custom designs are specified) [65,70–80].
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Figure 6. Graph showing the number of acetabular cup designs produced using 3D printing placed on
the market in the past decade. In 2007 there were six available designs, in 2019 the number has reached
seventeen, data from [70–81].
According to their end-use application, the cups can be classified as ‘custom’ or ‘off-the-shelf’.
Considering the design of the porous structure present on the cups, another classification for 3D
printed acetabular components can be suggested.
4.1. Acetabular Cup Classification: Porous Structure Design
Regardless of the end-use application, another classification may take into account the different
porous architectures that each company have developed. The overall aim is to obtain an open-pore
(cellular or lattice) structure that can promote bone ingrowth and prevent a later-stage loosening of
the implant, avoiding micromotion over 150 μm [82]. Moreover, the porous structure can reduce the
risk of stress shielding due to stiffness mismatch between the metallic implant and bone, providing
a lower modulus of elasticity [13,83,84]. Similarly to implants with conventionally manufactured
porous coatings, the fixation efficacy of 3D printed components strongly depends on the geometric
characteristic of the porous structure [33]. A compromise in maintaining the mechanical strength
while providing adequate pore size leads to different porous architectures. The majority of the
specifications are proprietary but the possible methods to define the 3D porous structures are well
established [34,47,85]. Regular (repeated unit cells) or irregular (stochastic, random) structures can
be designed and manufactured, theoretically producing any kind of porous shape; typical design
strategy for periodic regular networks include the use of CAD tools (libraries of unit cells), image-based
structure taken from computed tomography (CT) or magnetic resonance imaging (MRI) data or implicit
surfaces solutions, where a single mathematical equation defines the pore shape [34,85]. These solutions
are usually based on a trial-and-error approach, which is why the so-called ‘topology optimization’
have been applied in order to create structures with desired properties satisfying prescribed constraints.
These techniques have been thoroughly described elsewhere [34]. In general, the quality and the real
dimensions of the mesh may vary significantly depending on design and fabrication process.
An example of a unit cell-based highly porous trabecular structure is represented by Trabecular
Titanium (TT; Lima Corporate, Udine, Italy): a hexagon-shaped structure developed on three planes
which mimics a diamond crystal (Figure 7a) [53,54,86,87]. Differently, a stochastic architecture is
represented by Tritanium (Stryker, Mahwah, NJ, USA), which is a random interconnected structure
with irregular pore size and shape (Figure 7b). An example of porous structure derived from human
CT data is represented by OsseoTi (Zimmer Biomet, Warsaw, IN, USA).
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Figure 7. Scanning electron microscopy images taken at our laboratory showing two examples of 3D
printed porous structures: (a) regular shaped architecture (Trabecular Titanium, TT; Lima Corporate,
Udine, Italy) and (b) irregular shaped architecture (Tritanium; Stryker, Mahwah, NJ, USA). The first
one is produced using EBM, the second one SLM.
4.2. Acetabular Cup Analysis
The number of investigations of 3D printed acetabular designs is limited. A summary of the
analysis methods used for these cups is reported in Table 4.
Table 4. Summary of the investigation performed on 3D printed acetabular cups.
Authors Acetabular Cup Investigation Findings
Davignon et al. [88] Trident II Tritanium
Comparative analysis with
conventional cup of seating
and initial stability in bench
test with foam blocks
3D printed cup showed
significantly higher yield
moment (i.e., failure of
fixation) and lower seating









quantitative data on porous
structure of 3D printed cups
Jahnke et al. [90] Ecofit EPORE
Comparative analysis with
two conventional cups of
primary stability and relative
micromotion in simulator
test with foam blocks
3D printed cup showed
similar micromotion to
conventional cups, within an
acceptable clinical range
Le Cann et al. [91] Unspecified cup byAlder Ortho
Surface roughness influence
on primary stability in bench
test with foam block and
animal bone
Macro-roughness is good for
osseointegration but has
negative effects on primary
stability if present in the
equatorial region of the cup
Other investigations tools have been suggested to assess the properties of 3D printed samples,
such as electron microscopy, mechanical testing and histology. However, these methods have been
applied to cylindrical or cubic specimens to test the properties of the structure, evaluate bone ingrowth
and the interaction with bone cells [13,32,40,52,53,92–94].
Non-clinical tests, defined as ‘performance tests’ in the FDA 510(k) reports, have been performed
on 3D printed cups in order to determine the substantial equivalence to conventionally manufactured
implants and obtain the certification. Shear testing, both static and fatigue, as well as tensile
testing, deformation testing, locking mechanism strength, range of motion testing, dynamic
compression, fatigue testing, push-out, lever-out and torque-out testing have been carried out
based on standards [95–97]. However, the outcomes of such tests are not publicly available.
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To date, a small number of clinical studies about 3D printed cups have been published for both
off-the-shelf [73,98–102] and custom implants [21,78,103–108].
A registry study by Castagnini et al. [73] compared the survival rate and reason for revision of
a specific 3D printed off-the-shelf design (Fixa Ti-Por; Adler Ortho, Milan, Italy) with all the other
cementless cups used from July 2007 and December 2015 reported in the Registry of Prosthetics
Orthopaedic Implants (RIPO). The AM socket was implanted in 9,864 cases out of 36,787, with similar
patients mean age at the time of surgery (68 vs. 69 years). Significantly higher survival rate (98.7% vs.
97.9%) and lower incidence of aseptic loosening were reported for the 3D printed socket. Steno et al. [98]
reported on the early outcomes (mean follow-up period of 38.14 months) of three AM designs (Delta
TT, Delta ONE TT, Delta Revision TT; Lima Corporate, Udine, Italy) used in 81 revision cases (mean age
68 years) between March 2009 and May 2012. Only one re-revision was performed due to instability of
the acetabular component; in general, encouraging results were showed. Perticarini et al. [99] reported
good clinical and radiographic mid-term results (mean follow-up period of 72.7 months) of the Delta
TT cup (Lima Corporate, Udine, Italy) used in 134 THA and 8 revisions carried out between September
2007 and November 2009 (mean age 57.5 years). At the last follow-up, both improvement of the Harris
Hip Score (HHS) [109] and radiographically stable acetabular components (99.3%) were recorded;
hip dislocation occurred in two cases, aseptic loosening in one patient. Similar clinical and radiographic
outcomes were reported by Gallart et al. [101] regarding the use of Delta TT and Delta Revision TT
(Lima Corporate, Udine, Italy) in 67 revision and 5 primary cases performed between January 2009 and
July 2014 (mean follow-up 30.5 months). Aseptic loosening (2 cases), infection (3 cases) and dislocation
(3 cases) were recorder as reason for re-revision. Massari et al. [100] evaluated the osseointegration
of Delta TT cups (Lima Corporate, Udine, Italy) implanted in 91 primary THA between February
2009 and November 2010 in four centres. Periacetabular changes in bone mineral density (BMD)
were evaluated using dual-emission X-ray absorptiometry (DEXA) at fixed time points after surgery.
An initial decrease in BMD was noted, followed by a progressive increase and stabilization at the
last follow-up (24 months), in accordance with previous studies related to cementless acetabular
components. Significant improvements in HHS and good radiographic outcomes were also reported,
with no revision needed. Short and mid-term (mean follow-up of 58.6 months) clinical and radiographic
results of the AM cups Delta One TT and Delta Revision TT (Lima Corporate, Udine, Italy) were also
described by De Meo et al. [102]. Among the 154 revision procedures (mean age 69.6 years) performed
between December 2008 and August 2015, re-revision was required in 3 cases due to dislocation.
In general, more consistent conclusion about the performance of 3D printed off-the-shelf implants may
be reached with long-term clinical follow-up, which are still unpublished.
Clinical outcomes related to custom-based components mainly concerned the aMace® acetabular
revision system (Materialise, Leuven, Belgium). Colen et al. [103] reported of the successful application
in the short-term of this custom design used in six patients with severe acetabular defects (mean age 69.2
years). Similarly, Citak et al. [21] and Baauw et al. [105] described the clinical outcomes of the aMace®
solution in nine and twelve patients, respectively. Encouraging results were showed, although in the
first study one case needed a further operation due to implant failure at 13 months. The complexity of
the patient condition must be taken into account, considering that the average number of revisions that
patients underwent before being implanted with the custom components were reported to be five and
two, respectively. Baauw et al. [104] reported also of the difficulty to achieve a correct position of the
patient-specific implant comparing pre-surgery plan and post-surgery clinical outcome with CT scans;
seven out of sixteen cases showed malposition in at least one of inclination, anteversion, rotation or
position of the centre of rotation. Other good clinical results on the use of this implant were reported by
Wong et al. [78] and Goriainov et al. [106], with one and eleven patients, respectively. The challenges
in planning and implementation of the operation were highlighted, but satisfactory outcomes were
reached in treating patients with disability or severe bone loss. Myncke et al. [107] reported about the
experiences in using the aMace® technology in Belgium between September 2009 and November 2014.
The overall results suggested that 3D printed custom implant can represent an acceptable solution
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for complex acetabular revisions, despite the cumbersome and time-consuming planning procedure.
A high rate of complications (36%, 8/22 cases) were also reported, concerning mainly dislocations;
this was attributed to the poor quality of the soft tissue in multioperated patients. Lastly, Angelini
et al. [108] reported satisfactory early clinical outcomes (mean follow-up 13.7 months) using both
Promade and C-Fit 3D® in six patients with severe acetabular defects. In general, likewise off-the-shelf
implants, only clinical outcomes in the short-term have been reported for custom-based components.
Moreover, considering the high costs, these implants have been used in a limited number of cases
where the acetabular defects could not be corrected with any other solution. Longer follow-ups and
bigger numbers are required to better understand the performance of AM patient-specific implants.
5. Conclusions
In this review of 3D printed acetabular implants, we compared and contrasted 3D printing with
conventional manufacturing. We defined the clinical and engineering rationale of 3D printed acetabular
cups, summarized the key variables involved in the manufacturing process, and created a classification
of the applications. Whilst early clinical outcomes related to 3D printed cups have been promising,
in-depth robust investigations are needed.
3D printing has already revolutionized the way customized orthopaedic implants are produced
and the same may happen for off-the-shelf implants. Complex porous structures to achieve enhanced
fixation with bone and the printing of personalized shapes are the two main advantages of 3D printing
over conventional manufacture for customized implants. Enhanced porous structures and design
flexibility is the main rationale for the use of off-the-shelf implants.
However, the importance of standardization of all the steps involved in the production process
before implantation in the human body is clear. Both the International Organization for Standardization
(ISO) and the American Society for Testing and Material (ASTM) have released guidelines related to
terminology, design, process, materials and test methods [25,31,110], but significant gaps remain with
respect to the interplay of various parameters in the properties of the final part and how to investigate
the potential presence of defects.
In-depth analysis of the properties of these implants is highly suggested in order to avoid unexpected
wide-scale failures as occurred with metal-on-metal implants [10,11]. A better understanding of the
link between the microstructure, processing and properties of 3D printed components is necessary,
considering the complex thermal cycles and the distinctive layer-over-layer building experienced with
this technology, which are issues uniquely associated with the use of 3D printer technology [6].
Although it is still unclear if this new manufacturing technology is completely suitable for
orthopaedic implants, further analysis of both pristine and retrieved components, together with
long-term clinical outcomes and surveillance of new implants placed on the market, will help the
transition to 3D printing to be managed safely.
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Abstract: The corrosion behaviour of new generation titanium alloys (β-type with low modulus) for
medical implant applications is of paramount importance due to their possible detrimental effects in
the human body such as release of toxic metal ions and corrosion products. In spite of remarkable
advances in improving the mechanical properties and reducing the elastic modulus, limited studies
have been done on the electrochemical corrosion behaviour of various types of low modulus titanium
alloys including the effect of different beta-stabilizer alloying elements. This development should
aim for a good balance between mechanical properties, design features, metallurgical aspects and,
importantly, corrosion resistance. In this article, we review several significant factors that can influence
the corrosion resistance of new-generation titanium alloys such as fabrication process, body electrolyte
properties, mechanical treatments, alloying composition, surface passive layer, and constituent phases.
The essential factors and their critical features are discussed. The impact of various amounts of α and
β phases in the microstructure, their interactions, and their dissolution rates on the surface passive
layer and bulk corrosion behaviour are reviewed and discussed in detail. In addition, the importance
of different corrosion types for various medical implant applications is addressed in order to specify
the significance of every corrosion phenomenon in medical implants.
Keywords: low modulus titanium alloys; corrosion; medical implants; young’s modulus
1. Introduction
The need for biocompatible materials with a good combination of mechanical and electrochemical
properties has been always of great significance for manufacturing medical implants, particularly
load-bearing orthopaedic implants used for joint arthroplasty. Producing implants that can enhance
the longevity in the body is imperative which, in turn, can reduce the possibility of implant failure;
and hence, risky and expensive revision surgeries. Titanium and its alloys have long been used for
biomedical implant applications as they offer a favourable set of properties including high specific
strength, good biocompatibility and high corrosion resistance [1–3]. In terms of osteogenesis, titanium
and its alloys have been reported to possess the greatest biocompatibility in comparison with the other
biometals [4]. Nowadays, Ti-6Al-4V alloys are extensively used for the manufacture of load-bearing
orthopaedic implants such as hip stems that are to live with the surrounding hard and soft tissues in
the physiological media of the body [5,6].
Despite all the aforementioned advantages of Ti-6Al-4V alloy, research has identified some
concerns around the toxicity of aluminium and vanadium present in this alloy. Neurological disorders,
allergic reactions, Alzheimer’s disease and cytotoxicity are of some drawbacks associated with the
Metals 2019, 9, 878; doi:10.3390/met9080878 www.mdpi.com/journal/metals143
Metals 2019, 9, 878
release of Al and V into the body [7–11]. Also, from the mechanical behaviour perspective, the Young’s
modulus of Ti-6Al-4V is approximately 110 GPa [12] that is significantly higher than the stiffness
of the bone (typically 10–30 GPa) [5]. It is known that if there is a substantial discrepancy between
the stiffness of the implant and the adjacent bone, significant stress shielding can occur under the
mechanical loads of daily activities which can result in adverse effects such as bone loss, implant
loosening, and peri-prosthetic fracture [11,13–17].
In order to address the issues associated with the most commonly used alloy of Ti-6Al-4V,
there have been many efforts to develop a new class of titanium alloys (known as β-type titanium
alloys) with reduced levels of stiffness. Any alteration in the chemical composition of Ti alloys
may lead to stabilization of a certain phase and crystal structure: the high temperature Ti has a
body-centered cubic (BCC) crystal structure, β-phase, while the low temperature phase (α) displays a
hexagonal close-packed (HCP) structure (e.g., CP Ti) and the combination of the two phases (α + β)
(e.g., Ti-6Al-4V) [18]. The β-type titanium alloys containing beta-stabilizing elements (e.g., Nb, Ta
and Zr) exhibit many advantages such as lower Young’s moduli that are closer to that of the human
bone (which can mitigate bone loss and implant loosening due to stress shielding), non-allergic and
non-toxic elements such as Nb, Ta and Zr, excellent corrosion resistance due to the formation of more
stable oxide layers and good biocompatibility [19,20]. Body fluid present in the immediate vicinity of
implants contains organic and inorganic solutions of cations Mg2+, Ca2+, Na+, K+, and anions SO42−,
Cl−, HCO3−, H2PO4−. Also, from the corrosion science perspective, due to the presence of such ions,
the pH of body fluid may fluctuate from acidic to alkaline; and this can cause the open circuit potential
(Eoc) to have different values in various parts of the implant surface. Hence, the adequate driving force
of localized corrosion may increase which can speed up the degradation of the implant material [21].
Titanium alloys spontaneously form a passive oxide layer (mainly TiO2) that, to some extent,
can protect these alloys against corrosion because of its thermodynamic stability, chemical inertia,
and low solubility in the body fluids [22]. However, severe corrosion can occur when this passive
oxide layer is mechanically disrupted. In such situations, aggressive Cl− ions may attack the implant
material surface. For instance, fretting wear is known to occur at the interface of modular junctions (for
example, head-neck taper junction of hip implants) due to relative micro-motions [23–26]. The fretting
wear disrupts the passive oxide layer causing corrosion to occur in the alloy in vivo. Moreover, it
is important to mention that metallic ions released due to the corrosion process can cause adverse
reactions in the body resulting in implant revision surgeries due to the release of toxic ions in the
body [23,27–29].
Now that new generation Ti alloys have been already developed with lower Young’s moduli
(much closer to bone when compared to widely used Ti-6Al-4V) and that they have shown good
biocompatibility, it is important to review their corrosion behaviour and electrochemical characteristics.
There are various groups of new generation titanium alloys that may offer different levels of corrosion
resistance in the body fluid depending on their chemistry (alloying elements and their amounts), and
fabrication methods. Therefore, this review aims to provide useful information on the corrosion response
of various Ti alloys that are increasingly being developed for the next generation medical implants.
2. In Vitro Electrochemical Corrosion Testing Procedures
The electrochemical corrosion testing procedures used for biometals (including low stiffness
titanium alloys) involve several various parameters and testing methods depending on the objectives of
the experimental work. Potentiodynamic polarization, electrochemical impedance spectroscopy (EIS),
open circuit potential (OCP) and other corrosion testing procedures can be applied in order to assess the
corrosion behaviour. In addition, parameters such as time of exposure, corrosion medium or solution
(electrolyte), pH and the electrolyte temperature can significantly affect the corrosion behaviour
of titanium alloys due to the sensitivity of their passive oxide layer. Moreover, microstructural
observations of the surface after anodization along with X-ray diffraction (XRD), energy-dispersive
X-ray spectroscopy (EDS) and X-ray photoelectron spectroscopy (XPS) examinations can help scientists
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and researchers to explore corrosion mechanisms and the formation of passive layers with their
chemical compositions.
Owing to their passive oxide layer, titanium-based alloys are resistant to some organic acids; for
example, lactic acid and acetic acid. However, they can be corroded by some others such as citric
acid [30,31]. Among halide anions, fluoride ions can more strongly cause dissolution of the passive
oxide layer in titanium-based alloys [32]. It is known that fluoride ions are aggressive and they may
cause pitting and crevice corrosion in dental implants [33]. Many commercial oral rinses include
significant amounts of fluoride which can affect the electrochemical behaviour of orthodontic implants
made of titanium alloys [23]. In a study by Li et al. [34], the effect of fluoride on the electrochemical
parameters of Ti-24Nb-4Zr-8Sn (β-type Ti2448) alloy was examined in artificial saliva. Further increase
of F− from (≤0.1 to 1%) degraded the corrosion resistance of the alloy. Also, all the corrosion resistance
parameters extracted from the EIS measurements such as Rs (solution resistance), Rb (resistance of the
inner barrier oxide layer) and Rp (resistance of the outer porous oxide layer) decreased and were in
good agreement with Tafel diagram. Also, NaF concentration was found to influence the protective
behaviour of the passive layer onto Ti-6Al-4V causing an increase in the corrosion current density
in salvia solution [35]. Also, Huang [35] reported that the electrochemical properties of Ti-6Al-4V
alter not only with the fluoride content, but also with the pH and the immersion time in Ringer’s
solution. Robin and Carvalho [36] investigated the passivation of CP-Ti, Ti-13Nb-13Zr, Ti-5Nb-13Zr
and Ti-20Nb-13Zr alloys for a pH range (2–7.5) in a Ringer’s solution with (1000 ppm) and without
fluoride anions. The corrosion resistance parameters of the tested alloys reduced with a further increase
of F− and decrease of pH. Also, according to the OCP and Bode diagrams, Ti-13Nb-13Zr showed
a better corrosion resistance in comparison with the other tested alloys because of a spontaneous
stable oxide layer (TiO2) formed on its surface. Although the chemical stability of Ti-Nb alloys is
high (because of their excellent passive layer behaviour [37]), an increase in pH, in acidification of the
Ringer’s solution from pH 7.5 to pH 0.5 resulted in negative corrosion potential shifts. The addition of
NaCl further exacerbated the corrosion resistance [38–42].
Surface microstructural characterization of β-type Ti alloys after electrochemical tests in various
simulated body fluid solutions play an important role in verifying the corrosion test results.
These observations can reveal corrosion aspects of the surface such as thickness of the passive
layer, corrosion product phases and compounds, pitting and corrosion mechanism. Figure 1 shows
scanning electron microscope (SEM) images of a Ti-24Nb-4Zr-8Sn alloy after immersion in 0.9% NaCl
solution for various durations (24, 72, and 168 h) [36]. The results showed that the surface of the
alloy after 24 h included a passive layer with no corrosion attack which was in agreement with the
Bode diagram (Figure 2) so that the modulus of impedance at 0.01 Hz frequency increased after 24 h
immersion and the phase angle at intermediate to low frequencies was closer to more negative angles
in the Bode-phase diagram [43].
 
Figure 1. Scanning electron microscope (SEM) images of Ti-24Nb-4Zr-8Sn alloy after immersion in
0.9% NaCl solution at 37 ◦C for: (a) 24 h, (b) 72 h, and (c) 168 h [43].
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Figure 2. Electrochemical impedance spectroscopy (EIS) spectra of Ti-24Nb-4Zr-8Sn alloy at different
immersion hours in 0.9% NaCl solution [43].
SEM images of a biomedical β-type TiNbZrFe alloy after electrochemical testing in 0.9% NaCl and
0.2% NaF solutions showed that the deep corrosion pits in non-SMAT (surface mechanical attrition
treated) samples were distributed densely on the surface which was verified with more fluctuations of
the anodic branch of the Tafel diagram and the higher corrosion current density. However, the SMAT
sample was covered completely with the passive oxide layer [44]. Atapour et al. [40] used secondary
electron SEM micrographs of Ti-13Mo-7Zr-3Fe (as-received α + β) and (metastable β) samples after
50 h immersion in 5 M HCl at 37 ◦C. As can be seen in Figure 3a,c, the surface of the as-received α + β
alloy after immersion shows that the β phase is preferentially dissolved, while in Figure 3b, as-received
α + β includes no significant attack of the α phase and not even in grain boundaries which are more
susceptible to corrosion due to having less density and more disorder on the atomic scale. Also, they
concluded that once the attack initiated in the two-phase alloy (as-received α + β), the β phase seems
to be more susceptible to dissolution than the α phase. In addition, the significant conclusion was that
the localized galvanic series of α and β phases causes preferential corrosion of the β phase due to the
presence of vanadium (V) as a beta-stabilizer element in Ti-6Al-4V alloy, and this is the main reason for
higher corrosion rate of Ti-6Al-4V in comparison with Ti-13Mo-7Zr-3Fe (TMZF) (Figure 3c) [40].
In a study by Lu et al. [45], the effect of α and β precipitations on the corrosion behaviour of
β-type Ti-5Al-3Zr-4Mo-4Cr-4V alloy (Ti-1300) was investigated. Similar to the conclusion of [40], it was
observed that both the equiaxed (the equiaxed microstructure of Ti-1300 alloy presents mainly relatively
large equiaxed β-grains)/lamellar (the lamellar microstructure for Ti-1300 alloy is dominated by large
quantities of precipitates as α phase and retained β phase) microstructures undergo a preferential
corrosion degradation of α phase and the α + β interphase boundaries which create localized micro
galvanic series between α and β phases (Figure 4a,b).
It is important to note that many previous investigations on the corrosion behaviour of β-type
titanium alloys (for biomedical applications) focused on the alloy composition only in one solution.
As discussed previously, pH is an important factor which varies in various solutions. Hence, every
solution may impose a different electrochemical result on an individual alloy and studying different
simulated body fluid solutions would better exhibit the role of solution components on the biomedical
corrosion procedure in these alloys.
Cheng-hao et al. [46] studied the corrosion characteristics of Ti-6Al-4V alloy in different
simulated body fluids including Ringer’s solution (NaCl 8.5, KCl 0.2, CaCl2 0.2, NaHCO3 1.1 g/L),
phosphate-buffered saline (PBS) solution (NaCl 8.0, KCl 0.2, Na2HPO4 1.15, KH2PO4 0.2 g/L) and
Hank’s solution (NaCl 0.8, KCl 0.4, CaCl2 0.14, NaHCO3 0.35, C6H12O6 1.0, MgCl2. 6H2O 0.1,
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MgSO4·7H2O 0.06, Na2HPO4 0.06, KH2PO4 0.06 g/L) with different pH values. It was indicated that
the order of corrosion rate (from highest to lowest) is in Ringer’s solution, PBS solution and Hank’s
solution, respectively. It is reported that Na2HPO4 and KH2PO4 react with the metal surface and act
as inhibitor by formation of a passive layer for the Hank’s solution. Also, a further reduction of pH
decreases the corrosion resistance of the alloy in all the solutions (Table 1).
 
Figure 3. Secondary electron SEM micrograph of Ti-13Mo-7Zr-3Fe: (a) as-received α + β, (b) metastable
β, following 50 h immersion in 5 M HCl at 37 ◦C, and (c) secondary electron SEM micrograph of the
surface corrosion aspects of Ti-6Al-4V ELI (extra-low interstitial) after 50 h immersion in 5 M HCl at
37 ◦C [40].
 
Figure 4. SEM morphologies of Ti-1300 (Ti-5Al-3Zr-4Mo-4Cr-4V) surface in 5 M HCl solution:
(a) lamellar, and (b) equiaxed microstructure [45].
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Table 1. Corrosion current densities in different simulated body fluids for Ti-6Al-4V [46].
Solution PBS (pH 7.2) Hank’s (pH 7.2)
Ringer’s
pH 7.2 pH 5.5 pH 3.5
Corrosion Current Density (nA/Cm2) 31.31 24.8 38.13 58.5 76.45
Also, different simulated body fluids were used by Hasena et al. [47] in order to evaluate the
electrochemical behaviour of NiTi alloy. Figure 5 exhibits the OCP (open circuit potential) of all the
tested solutions. Higher Cl− concentrations at 37 ◦C caused the most active potentials in HBSS (Hank’s
balanced salt solution), Ringer’s solutions and the noblest (−291 mV) for HBSS after 3600 s exposure
time. Also, it is claimed that in Hank’s solution with pH ranging from 1 to 9, the corrosion rate is
highly affected by a further decrease in pH [48]. Many authors [49–51], explained that the Ringer’s
solution seems to be more aggressive due to more concentrations of Cl− ions. It is recommended to
refer to Tas’s work [52] for detailed reports on the effect of different ions on the corrosion rate of the
tested alloys for each simulated body fluid solution.
Figure 5. Open circuit potentials (OCP) in different simulated body fluids at 37 ◦C and in 0.9% NaCl at
25 ◦C [47].
3. Fabrication Process
The corrosion and electrochemical behaviour of two distinct alloys with the same chemical
composition but different manufacturing processes may be different. Various heat treatments and
mechanical processes of Ti alloys including ageing and cold working are expected to influence the
microstructure and alloy distribution with a direct consequence on their corrosion behaviour. Also,
surface treatments such as anodizing and coatings can inventively alter the electrical current density
passing through the bulk material [53–55]. Yun Bai et al. [56] showed that wrought Ti-6Al-4V has
greater corrosion rate than electron beam melting (EBM)-produced Ti-6Al-4V. EBM-produced Ti-6Al-4V
mainly consists of α and β phases, with a higher volume of β phase and much refined lamellar α/β
phases and it was found that localized micro galvanic cells produced by α and β phases degrade the
corrosion resistance of EBM-produced Ti-6Al-4V. In a study by Buciumeanu et al. [57], three different
fabrication processes including casting, powder metallurgy (hot pressing, HP) and laser engineered
net shaping (LENS) were used for Ti-6Al-4V specimens. The OCP measurements of HP, LENS and cast
Ti-6Al-4V alloy were around −0.25 V, −0.03 V and −0.36 V, respectively. Hence, the LENS samples
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were found to have a better corrosion protection than the other two processes. This characteristic was
attributed to the very high and localized cooling rates during the LENS process resulting in higher
hardness and slight chemistry variation in the material.
Potentiodynamic polarization tests were performed for two deformed Ti-15Zr-12Nb alloys
including: warm rolling (WR) at 660 ◦C for 1 h up to the 95% thickness reduction, and hot rolling (HR)
from 880 ◦C to 660 ◦C up to the 70% thickness reduction using a multi-pass rolling process [58]. It is
indicated that the HR sample with a coarse lamellar structure has higher corrosion current density
(0.9976 mA/cm2) compared to the WR sample (0.8179 mA/cm2) with an ultra-fine microstructure
and formation of more stable and passive surface layer. Also, in a study by Li et al. [59], corrosion
characterization of two Ti-24Nb-2Zr (at. %) samples were investigated. Both samples were 75%
deformed and then annealed at 800 ◦C for 1 h, one of them was also aged at 300 ◦C for 1 h.
The electrochemical tests were performed to make a comparison against CP Ti alloy. The both deformed
samples had higher passive current densities than CP Ti due to the precipitation of ω phase during the
deformation and ageing processes which significantly destabilize the passive oxide film [56]. According
to the results of [58,59], not any deformation procedure can improve the corrosion resistance of β type
Ti alloys. There are a range of parameters such as deformation percent, annealing temperature and the
texture of refined grains (e.g., uniform orientation) can affect the electrochemical behaviour of the alloy.
Five treated Ti-29Nb-13Ta-4.6Zr specimens were tested [60] namely: 87.5% cold-rolled
titanium-niobium-tantalum-zirconium (TNTZCR), solutionized at 790 ◦C for 1 h (TNTZST), TNTZST
aged at 400 ◦C for 72 h, multi-step-thermo-mechanical treatment (TNTZmulti), where the cold rolling
(CR) and solution treatment (ST) were repeated 4 times, TNTZmulti aged at 400 ◦C for 72 h. and
hot-swaged Ti-30Nb-10Ta-5Zr, which has 0.2% O and mirror surface produced by buff polishing.
Figure 6 shows a higher level of corrosion resistance for the aged (TNTZmulti) and deformed (TNTZCR)
samples when compared to the TNTZST and TNTZST aged at 400 ◦C. It is also shown that the critical
current densities (Ic) and passive current densities (Ip) are at lowest for the TNTZmulti aged and
TNTZmulti samples.
Figure 6. Anodic polarization curves of TNTZST (Ti-29Nb-13Ta-4.6Zr), TNTZST aged at 673 K for
259.2 ks TNTZmulti, TNTZmulti aged at 673 K for 259.2 ks and hot swaged Ti-30Nb-10Ta-5Zr in 5% HCl
solution at 310 K [60].
Two Ti-1.45Al-6.62Mo-4.53Fe-0.14O samples were solution treated at different temperatures of
750 ◦C (equiaxed β-grain structure with almost needle-like morphology of 10% primary α-phase) and
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650 ◦C (equiaxed β-grain structure with almost needle-like morphology of 15% primary α-phase)
for 30 min; and subsequently, both the samples were aged treated at 500 ◦C for 4 h. Through a
comprehensive corrosion study, it was reported that the higher corrosion rate of 650 ◦C sample was
due to the greater concentration of the α-phase which makes a local galvanic cell between the α and β
phases [61]. It is important to note that thermal and mechanical treatments may alter the microstructure
and phases in Ti alloys including β type Ti alloys. Therefore, the effect of these thermal and mechanical
treatments on the corrosion behaviour of beta titanium alloys can be as important as the chemical
composition. The corrosion current density reported in the literature [58] is (2 × 10−2 mA·cm−2) for
the 650 ◦C sample which is about 34 times greater than that of 750 ◦C (5.9 × 10−4 mA·cm−2). It is thus
indicated that a 100 ◦C increase in the solutionizing temperature of two equal alloys can greatly change
the corrosion behaviour so that this might not happen even if the samples were made of two distinct
precursors and initial composition. In another investigation [62], Ti-40Ta-22Hf-11.7Zr (TTHZ) beta Ti
alloys were prepared in six samples, namely: as cast, ST (solution treated) and the other samples were
then aged (STA) at 300 ◦C for 15 min, 1.5 h, 12 h and 24 h in argon, followed by air cooling (STA-15 min,
STA-1.5 h, STA-12 h and STA-24 h), respectively. It was found that the ST sample has the best corrosion
resistance consisting of a single beta phase, and with a further increase in ageing time, the α phase
grows and the corrosion resistance decreases. Also, the STA-15 min sample had a small amount of α“
phase and β phase transformed into an α” phase without diffusion, so the corrosion resistance of the
alloy tended to be the same as that in the solid solution due to the close thermodynamic properties of
α” to β phase which is the middle state of transition of α to β. Nishimura et al. [63] explained that the
ageing heat treatment created α phase precipitations in the β phase of solutionized Ti-10Mn alloys
which act as anodic particles [63]. Finally, the dissolution priority for α and β phases seems to be
different in their various combinations. The single α phase is less corrosion resistant than β phase.
However, according to [37], once the attack initiated in the two-phase (as-received α + β) alloy, the β
phase appeared to be less resistant to continued dissolution than the α phase.
4. Chemical Composition
Admittedly, in order to achieve a superior biocompatible medical implant material, a
comprehensive corrosion study is needed on the electrochemical reactions of the material with
the synthetic physiological solutions [64,65]. Like other alloys, the electrochemical behaviour of beta
titanium alloys depends, to a great extent, on many parameters such as electrolyte, microstructure
and importantly chemical composition of the alloy (alloying elements and their amounts) [63,66,67].
Chemical composition is a major parameter which can influence the corrosion resistance of titanium
alloys including new beta type titanium alloys. For instance, small additions of indium (In) to a
beta-type Ti-Nb alloy (tested in Ringer’s solution) do not yield any negative effect on the corrosion
behaviour and it was reported that a further addition of indium will enhance the corrosion resistance
of the alloy [68]. Further addition of ruthenium (Ru) to Ti-20Nb-xRu (x = 0, 0.5, 1.0, 1.5 at. %) improves
the corrosion resistance of this beta titanium alloy. The potentiodynamic polarization curves of Ru
added samples in comparison to Ti-6Al-4V and CP Ti are presented in Figure 7. Approximately a
0.23 V difference in the corrosion potential of the Ru-free sample to nobler amounts and 1.6 V shift in
comparison to the CP Ti and Ti-6Al-4V show a relatively better corrosion resistance [69].
An electrochemical study was performed on the corrosion behaviour of two beta-type titanium
alloys namely Ti-15Mo (TiMo) and Ti-29Nb-13Ta-4.6Zr (TNTZ) [70]. After one hour of immersion
in Hank’s solution, the measured OCP for TiMo and TNTZ were −320 and −260 mV, respectively.
This nobler potential of TNTZ beta titanium alloys related to the alloying elements increases the
corrosion resistance. Using electrochemical impedance spectroscopy (EIS), the passivation behaviour
of Ti-15Mo (TiMo) and Ti-29Nb-13Ta-4.6Zr (TNTZ) alloys was characterised. TNTZ showed two time
constants at higher potentials, indicating the presence of two passive layers, namely an inner layer for
corrosion resistance and an outer porous layer. Therefore, TNTZ seems to act better in orthopaedic
applications [68]. Many authors have delved deeply in the electrochemical properties of low modulus
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Ti alloys including beta phase [71–77]. The Ti passive layer acts as a protective layer in various aqueous
environments and its reaction in H2O is as follows:
Ti + H2O Ti(OH)4 + 2H2
 
Figure 7. Representative potentiodynamic polarization curves of titanium alloys in Hank’s balanced
salt solution (HBSS) [69].
Many alloying elements in titanium alloys lead to a better corrosion and electrochemical behaviour,
and this greatly depends on the pH value of the environment. The oxide layer properties formed on
the surface of Ti alloys highly depend on the alloying elements present in the passive layer. Factors
such as diffusion rate of the alloying element ions in the passive oxide film and mutual solubility can
specify the strength and stability of the surface film on Ti alloys [78–82]. Metikoš-Huković et al. [82]
showed that the alloying of titanium with elements of higher valence electrons such as Nb (Ti-6Al-4V
vs. Ti-6Al-6Nb) can cause the stabilization of the passive film and elimination of anion vacancies. The
presence of Nb5+ cations increases the number of oxygen ions, which cancel out the anion vacancies
and make the film less defective [83]. The disappearance of the anion vacancies lowers the diffusion
rates across the passive layer.
Also, the formation of intermetallic precipitates may provide susceptible sites for localized
corrosion and stabilization of an α/β phase structure which may result in a lower homogeneity in the
passive layer; and consequently, lowering the breakdown potential of the passive layer [84,85].
Titanium-zirconium-molybdenum (TZM), as a functional alloy is not only used in biomedical
applications but also in many other industrial applications. Hence, the electrolyte used for corrosion
investigations for this alloy is mostly ordinary NaCl and NaOH solutions [86–88]. Zirconium has
excellent solid solubility in titanium due to its near electrochemical and mechanical aspects to titanium.
Therefore, alloying these two elements can lead to an improvement in the corrosion and mechanical
behaviour of the alloy [89,90]. Any increase of molybdenum may lead to a decrease in β-transus
temperature, and Mo has a higher β stabilizing impact on the TZM than Zr [91].
A common version of TZM alloys is lanthanum-doped titanium-zirconium-molybdenum (La-TZM)
alloy with considerable properties such as high temperature oxidation, and better mechanical and
physical functions. This wide range of features of La-TZM alloy have encouraged many scientists to
investigate its corrosion behaviour too [92–98]. Deng et al. [98] showed that alloying lanthanum in
TZM degrades the corrosion resistance. Since the corrosion potential difference of La and other alloying
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elements in La-TZM alloy is high, the micro galvanic cell series created by this potential difference in
the alloy matrix can easily cause the initiation of pits on the surface leading to intergranular corrosion.
Lanthanum plays the role of the second-phase particle which includes a nobler potential than the
Mo matrix and spoils the integration of the oxide passive layer on the surface. Also, in Figure 8, it is
shown that no significant passivation behaviour in the anodic branch of La-TZM alloy occurs while
the passivation behaviour of the TZM is obviously illustrated by the reduction in the current density
around −4 A/cm2. In another research [99], it is indicated that the corrosion resistance of TZM is better
than La-TZM in alkaline and neutral environments including Cl− and OH−; while, on the contrary, the
La-TZM shows a higher corrosion resistance than TZM in acidic media. Also, Hu et al. [99] indicated
that the Cl− concentration is of great importance to evaluate the corrosion behaviour of TZM alloy. They
showed that TZM alloys have a good corrosion resistance in 0.5 mol/L or 1.5 mol/L Cl− concentrations.
 
Figure 8. Potentiodynamic polarization curves of TZM and La-TZM alloys [98].
Quaternary TNTZ (titanium–niobium–tantalum–zirconium) alloys were developed in the
1990′s [100]. These alloying elements improved the mechanical and corrosion behaviour of low
modulus beta titanium alloys for biomedical applications. Nb is known as a β-stabilizer having
a significant role in the spontaneous passivation of the alloy [101]. Also, from a microstructural
point of view, a significant reduction of β-transus temperature seems to be present for the higher
β-stabilizer content in some implants which include niobium in their composition [102,103]. Zr
improves the passivity and lowers the active electrochemical reaction of the α phase of titanium [66]
and Ta is considered as an element with an excellent capability in formation of passive oxide layer
(Ta2O5) [104]. The most notable feature of TNTZ alloys, which improves its passive layer corrosion
potential breakdown point in comparison with the other ternary and low modulus beta titanium alloys,
is the strong bonding and adherence of their passive layers, near the corrosion potential of the alloying
elements [105,106]. In a study reported by [107], it is shown that in Ti-20Nb-10Zr-5Ta alloy, Zr had
the greatest influence on reducing the open circuit potential to more negative values and achieving a
better protective passive layer behaviour. Milošev et al. [19] showed that addition of oxygen to TNT
alloys may increase the chemical solubility of Ti due to its strong β-stabilizing effect and they tested
the corrosion current density (0.045 μA/cm2). Also, they reported that the incorporation of different
alloying oxides in the surface layer is the main reason of improvement in the corrosion behaviour of
Ti-20Nb-10Zr-5Ta alloys.
The other biomedical low modulus beta type titanium alloys of great interest are the ternary
TNZ (Titanium-Niobium-Zirconium) alloys. Robin et al. [36] showed that the corrosion resistance
of Ti-13Nb-13Zr alloy is a little higher than Ti-5Nb-13Zr and Ti-20Nb-13Zr alloys in the Ringer’s
solution excluding fluorides, and discussed that this is due to the lower Nb content of α-phase in
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Ti-13Nb-13Zr. In a TNZ system, Nb and Zr encourage the suppression of O2 evolution and cease
the cathodic electron transfer reaction and can lower the active anodic dissolution reactions in the
system [108]. Huang et al. [109] compared two alloys of Ti-13Nb-13Zr and Ti-15Mo, and concluded
that Ti-13Nb-13Zr has a superior anticorrosion performance because of the Nb alloying element
which annihilates the anion vacancies in the crystal lattice of the TiO2 passive layer, which is due
to the formation of covalent bonds among Nb, Zr and Ti (4d3, 4d2, 3d2) respectively [66]. Also,
Macdonald [110] presented the theory of the point defect model in surface layer whose presence
can cause heterogeneity of passive layer and degradation of corrosion resistance [110]. Hence, Nb5+
particles can situate in the crystal lattice of TiO2 and fill the anion vacancies which results in lower
defects and higher corrosion resistance [82].
An important ternary and quaternary group of beta titanium alloys including Sn alloying element
has emerged recently. A study on Ti-32Nb-2Sn and Ti-32Nb-4Sn concluded that the higher Sn content
improves the corrosion behaviour due to the higher passive layer quality [110]. Also, it must be
considered that the Sn content up to 4 wt% to 6 wt% may cause cytotoxic effects in the human body and,
therefore, further investigations should be undertaken [111]. Bai et al. [2] reported that Sn included
beta titanium alloys show a wide range of passivation on anodic branch of Tafel diagram and it is a
superior feature of these alloys.
5. General Significations of Corrosion
The complicated electrolytic behaviour of body fluid including a combination of attacking corrosion
components creates an aggressive media for biomedical implants. Hence, controlling and improving
the corrosion resistance of medical implants seems to be a significant concern in the manufacturing
process of implants [112]. In spite of electrochemical parameters, mechanical deformation affects
the corrosion rate as seen in [113] where a further amount of cold rolling lowered the corrosion rate.
Thermodynamics and kinetics are the main two features of the electrochemical corrosion phenomenon.
Thermodynamics specifies the oxidation-reduction reactions of the implant material adjacent to the
body fluid media and the kinetics evaluates the probability of occurrence of reactions [114]. Common
types of corrosion that can occur in beta type titanium alloys (when used in implants) are fretting,
galvanic, pitting/crevice and uniform corrosion [115]. In an implant such as hip joint implants of which
all the surface is in contact with the body tissues and fluids, the uniform corrosion is of great concern
and pH variations can play a significant role in the corrosion degradation. Also, surface treatments
and the thermodynamic stability and high adherence of the passive layer may control this type of
corrosion [116]. In addition, fretting and wear corrosion must be considered in modular implants where
metallic parts have direct contact (e.g., taper junction of hip implants). With regard to the advancement
and development of low modulus beta titanium alloys, it is expected that successful implant materials
withstand long-term uniform corrosion with corrosion rate of less than 1 μm/year [117]. For dental
implants, pitting and galvanic corrosion should be more investigated since food debris is always
deposited and can make a localized galvanic series following pitting corrosion [118]. Moreover, it is
important to perform microstructural evaluations along with ordinary corrosion testing procedures
when investigating pitting and galvanic corrosion in dental implant materials. Surface images of dental
implants and any other implants susceptible to pitting corrosion can provide useful data about the
morphology, distribution, depth and number of defects. Hence, further experiments would be more
reliable and authentic.
6. Conclusions
In this review, low modulus β-type titanium alloys were investigated from a corrosion behaviour
point of view. The important parameters that can affect the electrochemical and corrosion behaviour
of these alloys were discussed. Investigations on the development of a suitable microstructure
with optimal mechanical properties have been performed to design and fabricate low modulus
β-type Ti-based alloys for medical implant applications. However, less attention has been paid to
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the electrochemical and corrosion behaviour of these new generation titanium alloys. Toxicity of
biomedical implants depends, to a great extent, on the ion release rate of the alloy into the body which
passes through the surface passive layer. Hence, the microstructure and composition of the passive layer
and its adhesion and stability should be carefully evaluated in these alloys. Also, surface treatments
and anodizing can greatly improve the quality of passive layers but the chemical composition of the
surface coatings should be non-toxic. Surface microstructural observations of beta type Ti alloys after
electrochemical tests in various simulated body fluid solutions play an important role in verifying
corrosion test results. These observations can also reveal more data as to other corrosion aspects of
the surface such as thickness of the passive layer, corroded phases and particles, pitting attacked
areas and corrosion mechanism of the bulk. It is important to note that the physical and mechanical
changes in beta-type Ti alloys may alter the microstructure and phases. Therefore, the effect of these
physical (heat) and mechanical treatments on the corrosion behaviour of beta titanium alloys may be
as important as the chemical composition. Also, the amount of α and β phases in the microstructure
and their interaction and dissolution can affect the corrosion resistance. It is important to mention that
various physical and mechanical treatments of beta titanium alloys directly affect the interaction and
distribution of α and β phases which these phases not only alter the corrosion behaviour in the bulk
material but also play an important role on the surface passive layer of implants.
Dissolution priority for the α and β phases seems to be different in their various combinations.
The single α phase is less corrosion resistant than β phase. However, once the attack has initiated in the
two-phase (α + β), the β phase appears to be less resistant to continued dissolution when compared to
the α phase. It is suggested that more investigations should be performed on the corrosion resistance
of α and β phases (separately and as mixed). Suitable amounts of α and β phases should be created
in the microstructure of beta-titanium alloys including various alloying elements in order to have a
high corrosion resistance and a stable surface passive layer. Afterwards, other physical, mechanical
and chemical treatments such as surface treatment, heat treatments (e.g., ageing, solutionizing, and
hardening) and various alloy fabrication processes should be taken into account.
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